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Nederlandse samenvatting
Elektromagnetische modellering en optimalisering van SPECT-MRI ...
Een recente ontwikkeling in het domein van de medische beeldvormings-
technologie is de verschuiving van enkelvoudige naar multimodale beeldvorming.
In het bijzonder is er toegenomen belangstelling voor de combinatie van SPECT
(single-photon emission computed tomography) met MRI (magnetic resonance
imaging) systemen. Dit heeft vele voordelen: terwijl MRI een hoog contrast ga-
randeert van de zachte weefsels in het lichaam en geen stralingsdosis met zich
meebrengt, kan SPECT een inzicht bieden in een breed scala aan biologische pro-
cessen. De SPECT/MRI-technologie staat echter ook voor verschillende uitda-
gingen, zoals een beperkte beschikbare ruimte, rotatie van SPECT-detectors en
MR-compatibiliteit van het gecombineerde systeem. De snel schakelende MRI-
velden induceren wervelstromen in de omliggende materialen, die op hun beurt
aanleiding geven tot een geïnduceerd magneetveld. Dit geïnduceerde veld kan
de lineaire gradiëntvelden verstoren en tegenwerken, hetgeen aanleiding geeft tot
artefacten in het beeld en lokalisatiefouten.
Deze snel schakelende magnetische velden zijn noodzakelijk voor het gene-
reren van ultra-snelle beeldsequenties, zoals in “echo planar imaging” en leveren
beelden van hogere kwaliteit. Snel schakelende magnetische velden induceren
echter niet alleen wervelstromen, maar geven ook aanleiding tot membraandepo-
larisatie en bijgevolg tot stimulatie van zenuwen in het perifere zenuwstelsel.
De patiënt kan dit ervaren als onaangenaam tot ondraagbaar. Bijgevolg moet de
fysiologische limiet voor blootstelling aan deze velden, gebaseerd zijn op het mi-
nimaliseren van onaangename sensaties. Als richtlijn voor de maximale tijdsafge-
leide van het magnetisch veld en het geïnduceerde elektrische veld, wordt door IEC
(2010) en ICNIRP (2004) een blootstellingslimiet vermeld van 80% van de medi-
ane perceptiedrempel voor routine behandelingen en van 100% van de mediane
perceptiedrempel voor gecontroleerde behandelingen. Omdat het praktisch moei-
lijk is om het geïnduceerde elektrische veld op te meten in het menselijk lichaam,
kan men gebruik maken van simulaties die de geïnduceerde velden evalueren in
realistische menselijke modellen, die geplaatst zijn in “volledige-humaans” x-,
y- en z-gradiëntspoelen. De bekomen gesimuleerde velden kunnen vervolgens
gebruikt worden in de vergelijking met de opgelegde blootstellingslimieten.
In Hoofdstuk 2 wordt een numeriek model voorgesteld van de x-, y- en z- gra-
diëntspoelen en de pentagonale en hexagonale opstelling van de collimatoren, dat
gebruikt wordt om het magnetisch veld te bestuderen dat geïnduceerd wordt door
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wervelstromen in het SPECT/MRI-systeem. We vertrekken van metingen van de
resistiviteit van geprint wolfraam en een schatting van het effect van de wervel-
stromen op een prototype van een enkele collimator. Vervolgens karakteriseren
we het magnetisch veld, dat geïnduceerd wordt in de opstelling van pentagonale
en hexagonale collimatoren, en rapporteren we de impact van de gradiëntspoelen
op het magnetisch veld.
Hoofdstuk 3 gaat verder in op de mogelijkheid om residuele wervelstromen in
het SPECT/MRI-systeem te reduceren, door slimme aanpassingen aan te brengen
in het ontwerp van de collimatoren. Eerst bepalen we de stroomdichtheid (J) in ver-
schillende ontwerpen van enkelvoudige collimatoren en we vergelijken deze met
de stroomdichtheid in de oorspronkelijke collimator. Vervolgens berekenen we het
geïnduceerde magnetisch veld voor elke spoel van de aangepaste collimatoren en
bespreken we de vermindering in het maximale geïnduceerde magnetische veld
ten gevolge van de wervelstromen.
In Hoofdstuk 4 wordt de blootstelling van volwassenen en kinderen in een MR-
scanner bepaald, door gebruik te maken van de gesimuleerde geïnduceerde elek-
trische velden in een realistisch 3D model van een volwassen man en vrouw en in
kindmodellen, die geplaatst werden in afgeschermde x-, y-, en z-gradiëntspoelen.
Het simulatieplatform werd eerst gevalideerd door vergelijking met analytisch be-
komen resultaten, waarbij de beschrijving van de methodologie van de bepaling
van het E-veld gebaseerd is op de richtlijnen van ICNIRP 2004 en IEC 2010. Ver-
volgens berekenen we de in-situ elektrische velden en vergelijken we de bekomen
resultaten met de ICNIRP 2004 en IEC 2010 richtlijnen, om perifere zenuwstimu-
latie in patiënten te vermijden. De impact van het type spoel, het menselijk model
en de geleidbaarheid van de huid op de geïnduceerde velden wordt ook besproken.
...en stimulatie van de auriculaire nervus vagus
Stimulatie van de cervicale nervus vagus gunstig in de behandeling van
klinische depressie, refractaire epilepsie en congestief hartfalen. In conventio-
nele nervus vagus stimulatie wordt een pulsgenerator operatief geïmplanteerd in
de borstkas van de patiënt. Een onderhuidse draad, die de nervus vagus met de
pulsgenerator verbindt, zal vervolgens de elektrische pulsen geleiden om de ner-
vus vagus te stimuleren. Een alternatieve minder invasieve en recent ontwikkelde
technologie is percutane stimulatie van de auriculaire tak van de nervus vagus
(pVNS). Hierbij worden fijne naaldelektrodes in de oorschelp geplaatst, om zo de
zenuwvertakkingen van de nervus vagus te bereiken. Huidige medische toepassin-
gen van pVNS lijden echter aan een gebrek aan stimulatienauwkeurigheid en een
minder goed gekende variabiliteit van de therapeutische resultaten. Dit heeft tot
gevolg dat de methode aan potentieel verliest, in het bijzonder wanneer de stimu-
latie gebeurt in een gebied van de oorschelp met een hoge graad aan bezenuwing
en met zenuwvezels van verschillende oorsprong, hetgeen aanleiding kan geven tot
tegengestelde fysiologische reacties. Bijgevolg zijn simulaties noodzakelijk om de
meest geschikte gebieden voor nervus vagus stimulatie te vinden en de gebruikte
golfvormen voor de geïnjecteerde stroom en het opgewekte veld te optimaliseren.
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Deze optimalisatie kan bovendien op gepersonaliseerde basis gebeuren. Het grote
belang van de nauwkeurigheid van de stimulatie maakt de sensitiviteitsanalyse
van het ontwikkelde numerieke model een onmisbaar instrument, om zo beter de
afhankelijkheid van het model ten opzichte van de verschillende input parameters
te kwantificeren. Alsook kan de link gelegd worden tussen de verschillende bron-
nen van onzekerheid in de numerieke input-parameters en de onzekerheid in de
model-output.
Hoofdstuk 5 is gewijd aan het ontwerp van een realistisch model voor pVNS.
We onderzoeken de impact van de positie en diepte van de elektrodes en de golf-
vorm van de stimulus op de exciteerbaarheid van enkelvoudige axonen en bundels
van meerdere axonen. Een titratiemechanisme wordt gebruikt om de drempel voor
zenuwstimulatie te bepalen voor verschillende stimulusgolfvormen, zoals monofa-
sische, bifasische, anodische en kathodische pulsen. Het percentage geactiveerde
axonen en de stimulatiedrempel voor activatie van een volledige axon populatie
wordt gepresenteerd. De invloed van de positie en de diepte van de elektrode op
het percentage geactiveerde axonen wordt ook besproken.
In Hoofdstuk 6 wordt een sensitiviteitsanalyse uitgevoerd op een numeriek
model, dat ontwikkeld werd in Hoofdstuk 5. Het doel is om prioriteiten te stellen
en invloedrijke parameters te identificeren, alsook om de modelrespons als functie
van de input parameters in kaart te brengen. Indien nodig, beperken we hiervoor
het bereik van de beschouwde input parameters. Bestudeerde parameters zijn de
axondiameter, het aantal axonen, de model temperatuur, de geleidbaarheid van het
oor en de diepte en positie van de gebruikte elektrodes. Tot slot wordt dit werk in
Hoofdstuk 7 afgerond en worden de mogelijkheden omtrent toekomstig onderzoek
voorgesteld.
Dit onderzoek werd uitgevoerd in de onderzoeksgroep WAVES in de vakgroep
INTEC van de faculteit ingenieurswetenschappen. Het voorgestelde werk resul-
teerde in 6 A1-tijdschriftpublicaties als eerste auteur (waarvan er 2 momenteel
nog onder review is), en 10 bijdrages op internationale conferenties en workshops.

English summary
Electromagnetic Modelling and Optimization for SPECT/MRI...
Recently, medical imaging technology is shifting from single to multimodality
imaging. More recently, there is increased interest for combined single-photon
emission computed tomography (SPECT) and magnetic resonance imaging (MRI)
systems that have many advantages. MRI has a higher soft-tissue contrast without
involving any radiation dose. SPECT can provide insight into a wide range of
biological processes. However, SPECT/MRI insert results in different challenges,
including space constraints, rotation of SPECT detectors, and MR compatibility
of the combined system. The rapidly switching MRI gradient fields will induce
eddy currents in the surrounding materials, which in turn produces an induced
magnetic field that opposes and distorts the linear gradient fields and gives rise to
image artifact and tissues localization errors.
Rapidly switching gradients are needed for ultra-fast imaging sequences such
as echo planar and provides better imaging results. However, these rapidly chang-
ing magnetic fields will not only induce eddy currents, but can also lead to depolar-
ization of membranes and subsequent nerve stimulation of the peripheral nervous
system causing uncomfortable or intolerable sensation in the patients. Therefore,
the physiological limit of exposure to such fields should be based on minimiz-
ing uncomfortable or intolerable sensation. The IEC (2010) and ICNIRP (2004)
guidelines limitations for the time variation of the magnetic field or the induced
electric fields are set 80% of the median perception threshold for peripheral nerve
stimulation for routine operations, and 100% of the median perception threshold
for controlled operations. Measurements of the induced electric field in the hu-
man body are practically difficult to be performed. Thus, numerical simulations
should be developed to evaluate and compare the induced fields with standard lim-
itations, using realistic whole-body human models within whole-body x, y, and
z gradient coils.
Chapter 2 presents the numerical model of x, y, and z gradient coils along with
pentagonal and hexagonal configurations of the collimators used to investigate the
induced magnetic field due to eddy currents in SPECT/MRI system. We start by
measurements of the printed tungsten resistivity along with an estimation of the
eddy currents effect on a single prototype collimator. We then characterized the
induced magnetic field in pentagonal and hexagonal collimator arrangements, and
reported the effect of the gradient coils on the induced magnetic field.
Chapter 3 is a continuation of the residual eddy currents reduction in SPECT/MRI
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system by introducing smart design modifications in the collimators. We started
by evaluation of the current density (J) for different single collimators design and
compared it to the original collimator current density. We then calculated the in-
duced magnetic field for each ring of the adapted collimators and reduction in the
maximum induced magnetic field due to eddy current was reported and discussed.
In Chapter 4, exposure of adults and children in an MR scanner was evalu-
ated using the induced electric fields in realistic 3D whole-body adult male, adult
female, and child models within shielded whole-body x, y, and z gradient coils.
First, the simulation platform was validated against analytically derived results
with description of the E-field evaluation methodology based on the ICNIRP 2004
and IEC 2010 guidelines. We then calculated in-situ electric fields and compare
results with ICNIRP 2004, and IEC 2010 guidelines to prevent peripheral nerve
stimulation in the patients. Effect of the coils’ type, human model type, and skin
conductivity on the induced electric fields was also reported and discussed.
...and Auricular Vagus Nerve Stimulation.
Stimulation of the cervical vagus nerve is beneficial for major depression, re-
fractory epilepsy, and congestive heart failure. In conventional vagus nerve stimu-
lation, a device is surgically implanted in the patient’s chest with a wire threaded
under the skin connecting the device to the vagus nerve. The device will then send
electrical signals to stimulate the vagus nerve. Percutaneous stimulation of the
auricular branch of the vagus nerve (pVNS) is a recently developed, and less
invasive technique, based on using small needle electrodes in targeted regions of
the auricle to access the nerve branches instead of surgically implanting the stimu-
lation device. However, current clinical applications in pVNS lack in specificity of
the stimulation with less known variation of the therapeutic effect, which reduces
the stimulation potential of the method, especially when the stimulation occurs in
a dense innervation region of the auricle with nerve fibers of different origin, lead-
ing to possible opposite physiological reactions. Thus, numerical simulations are
necessary to identify and optimize the stimulation areas as well as the applied field
and current patterns on individual level. The huge importance of the stimulation
specificity and sensitivity makes the sensitivity analysis of the developed numer-
ical model, an invaluable tool to better quantify the dependence of the numerical
model to different parameters and adjust the uncertainty in the model output to
different sources of uncertainty in the numerical model parameters.
Chapter 5 is dedicated to design a realistic model of the pVNS application
and investigate the effect of the electrode depth and position, as well as the stim-
ulation pattern on the excitation threshold in single and bundled axons. We used
titration mechanism to investigate the nerves stimulation thresholds using differ-
ent stimulation patterns including mono-phasic, bi-phasic, anodic, and cathodic
pulses. The percentage of activated axons and stimulation thresholds for a com-
plete axon population activation were presented with discussion of the effect of the
electrode depth and position on the percentage of stimulated axons.
In Chapter 6, a sensitivity analysis of a numerical model developed in Chap-
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ter 5 was performed. The objective is to prioritize and identify the influential and
non-influential parameters and map the output behavior as a function of the input
parameters by limiting the input range values to a specific domain if necessary.
The investigated parameters include the fiber diameter, number of axons, model
temperature, ear conductivity, as well as electrodes penetration depth and position.
Finally, Chapter 7 concludes this work and opportunities for future research
are proposed.
This research was performed at the research group WAVES in the INTEC de-
partment of the faculty of engineering. The work presented here resulted in six
A1 journal papers as a first author (of which two are still under review), and ten
contributions at international conferences and workshops.

1
Introduction
The work presented in this dissertation is situated in the field of numerical
modelling and optimization of biomedical applications. We used different compu-
tational tools to design and optimize the phenomenon of eddy currents in SPEC-
T/MRI system, followed by the assessment of the induced electric field in patients
undergoing MR scanning, and finally we investigated the auricular branches va-
gus nerve (ABVN) stimulation with sensitivity analysis of the numerical models.
Firstly, we will give a general overview of medical imaging modalities and more
specifically the problem of eddy currents arising from combining MRI and SPECT
system. Secondly, we will discuss the safety considerations of patients in mag-
netic resonance imaging system. Finally, we will present the electrical stimulation
of myelinated nerve and more specifically the spatially extended nonlinear node
(SENN) model.
1.1 Medical Imaging
In modern medicine, medical imaging represents the process used to retrieve
visual representations about the patient’s interior anatomy and physiological func-
tions of its organs and tissues. Imaging technologies form a significant component
of the health budgets of all developed economies, and a lot of people need ad-
vanced imaging such as Magnetic Resonance Imaging (MRI), X-Rays and Com-
puted Tomography (CT) scans during their life. It is also widely used for research
purposes to investigate new treatments and enlarge our knowledge of the human
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body physiological functions. Medical imaging is derived from the interaction of
energy with human tissue. The energy can be in the form of radiation, magnetic or
electric fields, or acoustic energy. Several medical imaging modalities are avail-
able to the patient. Every technique has risks and benefits and it is intended for
specific applications. Thus different techniques can be proposed to the patient,
especially when diagnosis is difficult. Imaging modalities can be classified into
two categories: functional imaging techniques, mostly Positron Emission Tomog-
raphy (PET) and Single Photon Emission Computed Tomography (SPECT); and
anatomical imaging techniques like Computed Tomography (CT), X-ray Radiog-
raphy (RX), Ultrasound (US), and Magnetic Resonance Imaging (MRI).
1.1.1 Magnetic Resonance Imaging
MRI is an imaging modality that uses non-ionizing radiation to create anatom-
ical diagnostic images based on the nuclear magnetic resonance (NMR) principle.
An MRI system consists of a strong magnet in which the patient lies (in the order
of 0.2-14 Tesla), two radio frequency coils (RF) used to send signals to the body
(transmit (Tx)) and then receive signals back (receiver (Rx)) and gradient coils for
spatial encoding. These returning signals are converted into images by a computer
attached to the scanner. Imaging of almost any part of the human body can be
obtained in any plane.
Figure 1.1 shows an abbreviated description of the MRI imaging mechanism.
First, the patient is placed in a static magnetic field (B0). Hydrogen protons within
the patient’s body align to the magnetic field (polarized state) and precesses around
the axis of the magnetic field (conventionally in the z-axis along the long axis of
the patient) at the Larmor frequency. An RF pulse send by the Tx coil, tuned at the
proton precessing frequency will then depolarize the longitudinal magnetisation of
the protons. As soon as the RF is switched off, the transverse magnetisation begins
to disappear and the protons relax back to their polarized state resulting in emit-
ted RF radiation (at their Larmor frequency) intercepted by the Rx coil. Since the
proton signal frequency is proportional to the magnetic field, a given proton signal
frequency can be assigned to a location in the tissue, providing a map of the tissue
in terms of the protons presence. Knowing that the proton density varies with the
type of tissue, a certain amount of contrast is achieved to image the organs and
other tissue variations in the subject tissue. A spatial encoding can be obtained by
varying the protons spin-flip frequency with 3 different well-calibrated magnetic
field gradients across the patient (in X-, Y- and Z-direction). The signal received
by the Rx coil (containing location information encoded in the frequencies) is then
separated by means of the Fourier transform to produce a two-dimensional map
of the different tissues. Other mechanisms are used to reconstruct images in MRI:
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spin-lattice (T1), spin-spin (T2), and free induction decay (T2* relaxation).
Figure 1.1: Basic principles of MRI: An RF pulse excites protons that are subjected to
a static magnetic field B0, together with a gradient magnetic field BG, which is position
dependent. After turning off the RF pulse, the protons relax back to their polarized state
and while doing so, they emit an RF signal (FID: free induction decay). After Fourier
transforming the FID, every frequency corresponds to a different location in the patient
(due to BG).
Figure 1.2 shows the main parts of an MR system. It is mainly composed
of three parts: a strong magnet producing a static magnetic field, gradient coils
producing a gradient magnetic field and a radio-frequency system.
Figure 1.2: An MR system with the magnet, the gradient coils and the RF coil.
1.1.1.1 Static Magnetic Field
The main magnet is a superconducting, copper winding, electromagnet cooled
with helium (- 270°) to produce a strong static magnetic field B0 along the z-
axis in Figure 1.2 . This magnetic field can only be disabled by quenching the
magnet. Quenching means that the helium is rapidly removed from the magnet
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in order to disable the strong magnetic field. This is only done in emergency
situations because of the cost of helium. In clinical MRI scanners, the strength
of the main magnetic field is 1.5T or 3T. The small animal MRI scanner that is
used for the measurements in this thesis has a static magnetic field of 14T. Due
to its high strength, the magnetic field is not only present inside the bore of the
scanner. The magnetic field outside the scanner is called the fringe field. For
safety measures it is important to shield the main magnet to reduce the fringe field.
This can be done in two ways. Passive shielding is done by applying iron plates
that surround the magnet. The other way is active shielding by applying windings
in opposite direction outside the inner magnet to cancel out the main magnet field.
An important property of the static magnetic field is the homogeneity in the field of
view of the scanner. Non-homogeneities result in geometrically distorted images
and can be reduced with both passive and active shimming techniques. Passive
shimming is done during the installation of the scanner by positioning steel plates
around the magnet. Active shimming is done during a pre-scan phase so that the
main magnetic field in the bore is optimized per patient.
1.1.1.2 Gradient Coils
Gradient coils are used to produce variations in the main magnetic field B0.
The gradient field is along the z-axis for each of the three gradient coils (z-axis
in Figure 1.2).There are three sets of gradient coils, one for each direction. The
variation in the magnetic field permits localization of image slices as well as phase
encoding and frequency encoding. Figure 1.3 shows and example of x, y, and z gra-
dient coils. The gradient fields are three magnetic fields that are rapidly switched
on and off during the MRI sequence and oriented orthogonal to each other. They
are mainly used for spatial encoding of the MRI signals and are produced by gra-
dient coils. The orientation of the gradients are termed as follows: the z axis is the
direction along the bore, the x axis is the direction from left to right and the y axis
is the direction from top to bottom (Figure 1.2). The strength of the gradient field
is expressed as how rapidly the field changes with distance (mT/m). The maximum
gradient amplitude in clinical MRI scanners is in the order of 10- 50 mT/m. The
small animal 7T MRI system can have a maximum gradient strength of 500 mT/m.
Higher gradient strength allows to acquire images faster or with better resolution.
Other performance indicators are the gradient slew rate (defined as ratio of the
peak gradient amplitude to the rise time) and the linearity. A linear variation in the
field of view is required for proper spatial encoding. Nonlinearity of the gradient
field will cause misplaced signals resulting in geometric distortions.
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Figure 1.3: (a) X-gradient coil. (b) Y-gradient coil and(c) Z-gradient coil (Source: Poole
[1]). Red and blue colors are used to indicate wires in which there is a different sense of
current flow.
1.1.1.3 Radio-Frequency Coils
The radio-frequency system consists of two components, the transmitter coil
and the receiver coil. The transmitter coil generates well designed radio frequent
pulses in order to excite the nuclei of the desired slice. Therefore, the RF pulses
have a predefined center frequency, bandwidth, amplitude and phase.
The center frequency of the pulse is determined by the slice position and the
strength of the slice select gradient. The thickness of the slice is determined by the
bandwidth of the pulse. The larger the transmitter coil, the more uniform its field.
Therefore, in clinical MRI scanners, the transmitter coil is typically integrated in
the scanner bore. The main function of the transmitter coil will be explained in
the section about how the image is generated. Some transmitter coils can also
operate as receiver coil. However, the larger the distance from the patient, the
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lower the signal. That is the reason why in most cases specific receiver coils are
used. These coils can be adapted to the anatomy of the part of interest so they can
be as close as possible to the tissue in order to maximize the signal and minimize
the noise. Examples of anatomy-specific coils are head (Figure 1.4) and knee coils.
There are three types of receiver coils: volume coils that detect the signal from the
whole volume surrounded by the coil, surface coils that detect only signals near
the surface of the coil and phased area coils that are combinations of surface coils
and volume coils.
Figure 1.4: An 8-channel RF coil for clinical brain imaging (Source: Siemens [2]).
1.1.1.4 Encoding Basics
The information about how this magnetization is distributed in the body is de-
rived by the frequency and phase of its precession during the detection phase of the
experiment. After excitation, the detected MR signal processes with a frequency
(Larmor frequency) given by ω = γB0 where γ = 2pi (42.577 MHz/T) is the
gyro-magnetic ratio of a proton. At the start of the imaging process, an RF elec-
tromagnetic wave is transmitted by an RF coil. Meanwhile, a gradient coil will
be switched on for the slice selection. For axial-plane imaging, the z gradient coil
will be switched on, and the x gradient coil will be switched on for sagittal-plane
imaging, and the y gradient coil will be switched on for coronal-plane imaging.
If we take the axial-plane imaging as an example, when the z gradient coil is
switched on, the magnetic field along the axial direction will be linearly varied
and the precession frequency will also be linearly varied. The tuned narrow-band
electromagnetic field will be absorbed by a slice of the target tissue. It is the pro-
tons on that slice that are excited. The overall magnetization vector of the protons
on the slice will shift to be deviated from the original magnetization direction. Af-
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ter the slice selection, a frequency-encoded gradient coil will be switched on. For
instance, for the x gradient coil, the gradient strength is denoted by Gx. Thus, in
the x direction, the precession frequency of the protons on the slice will be linearly
varied along the x direction. If only the x gradient coil is switched on, there will be
frequency encoding only in the x direction. All the protons on this slice precess at
the same phase. However, for the imaging, a y-direction gradient magnetic field is
also applied, which is used to produce a phase encoding. Assuming the y gradient
strength is Gy , a phase shift will be created as
φ = γGxyt (1.1)
and the frequency encoding by the x gradient coil is expressed as
ω = γGyx (1.2)
The frequency and phase information from the MRI signal corresponds to the k-
space of the twodimensional (2D) Fourier transform of an image. That is, the data
in the MRI is in the frequency domain.
1.1.2 Single-Photon Emission Computed Tomography
Single-photon emission computed tomography (SPECT) is a nuclear medicine
tomographic imaging technique. In clinical practice, almost all nuclear medicine
procedures that use single photon emission tracers rely on the use of the gamma
camera. It is a gamma ray position sensitive detector that typically consists of
large slab of scintillator crystal with position circuitry and energy determination.
To localize the emission site of the released photons, a multipinhole collimator
is mounted on the front face of the system to provide a spatial correlation of the
detected events. SPECT provides functional information with the advantage that
it can provide information about regional tissue function, which usually changes
during a disease [3]. The main elements of the SPECT are the tracer, gamma cam-
era, and the acquisition system.
SPECT tracer: SPECT imaging is based on the radioactive decay of an injected
tracer. The most commonly radionuclide used for SPECT is 99m-technetium. The
decay of Technetium-99m to Technetium-99 occurs via the emission of gamma
rays of 140 keV. Besides Technetium-99, Indium-111, Gallium-67, or Iodine-131
are also often used [4].
Gamma camera: The gamma camera will then be used to detect the emitted pho-
tons and consists of a collimator and a detector:
Detector: The SPECT detector components are the scintillation crystal to convert
the gamma rays to light, photomultiplier tubes to detect the light, and analogue-
digital converters that process the signals coming from the photomultipliers tubes.
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Recently, detectors use semiconductors to directly convert the radiation in elec-
trons [5].
Collimator: The main function of the collimator is to limit the direction of inci-
dence of the photons heading towards the detector. It is mostly used to determine
the angle of incidence of the incoming photon and therefore, along with the de-
tector, we can define the original location of the photon. Collimators are made
from material with a high number of electrons (typically Z from 72 to 82) and
high density in order to have a sufficient stopping power. High stopping power is
necessary to attenuate enough photons in order to build collimators that allow the
reconstruction of high resolution images [6].
Image reconstruction: After the scan, 3D images are then produced using a se-
ries of planar projections at different angles around the patient. Images are then
examined and reported by a nuclear medical physicist so that the medical doctor
can then make a diagnosis.
1.1.3 Multimodality Imaging
Recently, medical imaging technology is shifting from single to multimodality
imaging. Hybrid systems including both functional and anatomical imaging have
become very popular over the past decade. SPECT and PET as functional imaging
modalities have already been combined with CT [7].
Integrated whole-body positron emission tomography (PET)/MR hybrid imag-
ing combines excellent soft tissue contrast and various functional imaging pa-
rameters provided by MR with high sensitivity and quantification of radiotracer
metabolism provided by positron emission tomography. In 2010, the first com-
mercially available whole body systems for PET/MR hybrid imaging entered the
market, based on two separate MR and PET imagers in one room (Philips Ingenu-
ity TF PET/MRI, Best, The Netherlands) [8], followed by a fully integrated whole-
body PET/MR hybrid imaging system (Biograph mMR; Siemens AG, Healthcare
Sector, Erlangen, Germany) [9] that enables simultaneous PET/MR data acquisi-
tion. Since then, the number of worldwide installations of PET/MR systems has
increased steadily, making possible the introduction of new diagnostic applica-
tions and products in oncology, neurology, pediatric oncology, and cardiovascular
disease [10]. Although the first clinical evaluation of integrated PET/MR is under
way [11–13], it is a technically challenging method that relies on new technologies
and innovative solutions. Current research topics include: MR-based attenuation
correction of human soft tissues and hardware components, the lack of bone infor-
mation with MR imaging, the limited field of view (FOV) in MR, and the imple-
mentation of motion correction technologies [10].
Recently, Mediso [14] and MRSolutions [15] developed a sequential preclin-
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ical SPECT/MRI system. However, no simultaneous SPECT/MRI systems have
been built so far. Combining SPECT with MRI over the CT has many advantages.
For example, MRI system has a higher spatial resolution enhanced by higher soft-
tissue contrast. Moreover, MRI does not involve any radiation dose like CT. The
MRI/SPECT system can also benefit from the SPECT mechanisms to provide in-
sight into a wide range of biological processes. Combining SPECT with MRI
can be advantageous over the PET/MRI for two main reasons. First, the SPECT
system has a lower cost price over the PET system due to availability of longer
half-life radionuclides (few hours to few days). SPECT radionuclides are easier to
handle and can be produced and distributed by pharmaceutical companies easily.
However, PET tracers have a shorter half-life (few minutes to few hours), which
drastically increases the operational costs. Another advantage of SPECT over PET
is the possibility to do dual-tracer imaging, enabling specific targeting abilities.
However, combining SPECT and MRI systems results in many challenges related
to rotation of SPECT detectors, collimator material compatibility and space con-
straints. In fact, MRI localization is based on rapidly switching gradient fields.
This rapidly changing magnetic field induces circular electric currents (eddy cur-
rents) within conducting structures.
The eddy currents will then produce an induced magnetic field that opposes
and distorts the linear gradient fields in the region of interest, resulting in image
artifacts, MR pictures with blurring and ghosting [16–18]. The eddy currents also
cause forces on the conductors inside MRI system, which results in noise and
reduction of the lifetime [19]. Although many approaches have been proposed
to minimize the generation of eddy currents (active and passive shielding coils,
current pulse pre-emphasis, less conductive magnet bore materials and alternative
cryostat configurations) [20–24], significant distortions will often remain. This
is particularly the case in the presence of highly conductive objects where eddy
currents are characterized by long time constants [18]. Collimators are composed
of materials that have a high gamma ray absorption (usually an alloy of lead and
tungsten). The choice of collimation material is determined by the density, cost,
required rigidity, and the machining complexity [5]. Several numerical approaches
have been proposed to simulate the eddy currents effect in MRI. However, no sim-
ulation of the tungsten collimator insert inside MRI systems have been performed
so far. As a numerical method, the network method, has been applied in the analy-
sis of the currents induced by axially symmetric coils (e.g., z-gradient) in a realistic
cryostat [19, 23, 25]. The three-dimensional FDTD method for the modeling of
low-frequency transient eddy currents in MRI was developed in [26, 27] and used
to design gradient coils while taking into account the eddy currents effects. Thus,
numerical modelling of the preclinical SPECT/MRI system is important to inves-
tigate and reduce the induced eddy current in the collimators due to x-, y-, and
z-gradient coils for different arrangements of tungsten collimators. Different de-
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signs and arrangements of the tungsten collimators should be proposed to reduce
the induced magnetic fields due to eddy currents.
1.2 Safety Considerations of Patients in Magnetic Res-
onance Imaging System
Interactions of the living tissue with MRI scanner can cause potential patient
risks. Rapidly induced fields could stimulate nerves of the peripheral nervous sys-
tem (PNS). Nerve stimulation might interfere with the examination. Therefore,
the physiological limit of exposure to such fields should be based on minimizing
uncomfortable or intolerable sensation.
Different guidelines and standards suggest limits to mitigate these potential
hazards. The IEC standard (2010) [28] and the ICNIRP (2004) [29] have two lev-
els related to PNS for the induced electric field: the normal operating mode (L01)
and the first level controlled operating mode (L12). L01 refers to the mode of oper-
ation of the MR equipment in which none of the fields have a value that can cause
physiological stress to patients. L12 refers to the mode of operation of the MR
equipment in which one or more outputs reach a value that can cause physiolog-
ical stress to patients which needs to be controlled by medical supervision. MR
equipments that allows the operation in the first level controlled operating mode
shall comply with the following requirements:
• Before the start of each scan, an indication of the operating mode defined by
the predicted value of the gradient output and SAR, to be applied during the
scan shall be displayed at the control panel.
• If the value of the gradient output or SAR that controls the scan is such as to
enter the first level controlled operating mode, the attention of the operator
shall be drawn to this condition by a clear indication on the control panel. A
record of the operating mode or equivalent data shall be an integral part of
the image data.
• A deliberate action of the operator shall be necessary in order to enter the
first level controlled operating mode.
L01 and L12 are calculated as follows:
L01 = 0.8 rb (1 +
0.36ms
ts,eff
) (1.3)
L12 = 1.0 rb (1 +
0.36ms
ts,eff
) (1.4)
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where ts,eff (ms) and rb(in T/s or V/m) denote the effective stimulus duration
and the rheobase (rheobase is the maximum exposure level for an infinite stimulus
duration) given in Table 1.1. L01 and L12 as well as rb shall either be expressed
as the electric field E (V/m) induced or as the time rate of change of the magnetic
field dB/dt (T/s).
The effective stimulus duration ts,eff is defined as the duration of any period
of the monotonic increasing or decreasing gradient, used to describe its limits for
cardiac or peripheral nerve stimulation. It is defined as the ratio of the peak-to-
peak field variation and the maximum value of the time derivative of the gradient
in that period (see Figure 1.5). Three periods of monotonic change of the gradient
G are shown in Figure 1.5a. The corresponding gradient output dB/dt is shown
in Figure 1.5b and the effective stimulus duration ts,eff is indicated. Figure 1.6
shows limits for peripheral nerve stimulation for different values of the effective
stimulus duration ts,eff .
Type of gradient system rb expressed asE(V/m)
rheobase expressed as
dB/dt (T/s)
Whole body gradient system 2.2 20
Special purpose gradient system 2.2 Not applicable
Table 1.1: Rheobase values per type of gradient system [28]
Figure 1.5: Three periods of monotonic change of the gradientG are shown in graph a. The
corresponding gradient output dB/dt is shown in graph b and the effective stimulus duration
ts,eff is indicated [28].
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Figure 1.6: Limits for peripheral nerve stimulation. The limit for cardiac stimulation is
shown for comparison [28].
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The IEC (2010) and ICNIRP (2004) [28–30] guidelines suggest limiting the
time variation of the magnetic field or the induced electric field to 80% of the me-
dian perception threshold for peripheral nerve stimulation (PNS) for routine op-
erations, and 100% of the median perception threshold for controlled operations.
To comply with the guidelines, the induced electric field should be measured in
the human tissue and compared to the limits, which is practically difficult to be
performed. Numerical simulations were then developed to evaluate and compare
the induced fields with standard limitations.
Several studies tried to simulate and investigate the PNS phenomenon in MRI,
each with its own limitations. Spherical and cylindrical tissue models were used
in [31] with the electric scalar potential method to calculate the internal electric
field. Simplified cylindrical models of a body and gradient coil were used in [32]
to calculate the exact solution to Maxwell’s equations and predict the transient E-
fields induced within the body model by the rapid switching of current in the coil.
Mao et al. [33] used a "limited tissue" male body model (visible phantom) and only
x-gradient coil model to investigate the induced E-field. In [34] and [35], finite
difference time domain (FDTD) was applied to simulate gradient field-induced E-
fields and induced currents within a human model using homogeneous conducting
rotational ellipsoid model, and two human male models (visible phantom, lim-
ited tissue and resolution), one with homogeneous conductivity and the other with
non-homogeneous conductivity. As reported, only simplified human models were
used for these investigations. However, since the human body size and tissues lo-
cations inside the MRI coils are different between adult male, adult female and
child models, the choice of the human body model can have and important im-
pact on the induced electric field. Another important issue, not considered in the
PNS literature, is the modelling of the skin in the low-frequency magnetic field
exposure. Schmid et al. [36] reported that the skin tissue conductivity can be a
potential source of errors and uncertainties concerning computations of induced
electric field strengths in the low frequency range, which is the case for PNS due
to switching gradient coils. Thus, numerical simulations of adults and children
exposure to whole-body MRI system (x-, y-, and z-gradient coils) and compari-
son with the guidelines is important to fully understand the effect of the coil type
(transverse and longitudinal coils), human model type (adult male, adult female,
and child), and skin conductivity on the induced electric fields. Compliances with
IEC2010 and ICNIRP2004 on medical magnetic resonance: protection of patients
guidelines should be investigated for all the configurations.
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1.3 Vagus Nerve Stimulation
1.3.1 Nerve Cell Structure
Neurons form the basic functional elements of the nervous system. Each neu-
ron contains a nerve cell body with a nucleus and organelles. Branching off the
nerve cell body are the dendrites. Most neurons have several dendrites which are
extensively branched. The incoming neural signal is relayed via the axon in the
form of an electrical signal, the action potential, to the synapse. At the synapse,
neural signals are chemically transmitted to a postsynaptic receiver cell via se-
cretion of neurotransmitter molecules that bind to receptors at the postsynaptic
specialisation. Depending on the direction of the information transfer, neurons are
classified as afferent or efferent if they transfer information to or from the brain,
respectively. Because the propagation of an action potential is based on the active
depolarisation of the cell membrane, the resulting conduction velocity of the axon
is governed by the ion exchange rate. By insulating the membrane with myelin,
the number of sites where the depolarisation occurs is limited to the nodes of Ran-
vier, resulting in saltatory conduction between those nodes. Myelination therefore
greatly enhances the conduction velocity of an action potential along the axon [37].
Figure 1.7: Structure of typical neuron (source [37]).
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1.3.2 Representation of the Electrical Stimulation of Myelinated
Nerve
Vagus nerve effective stimulation in humans is mediated by thick myelinated
afferent Aβ axon fibers [38]. In this section, the electrical stimulation of myeli-
nated nerve is represented in 1.3.2 and the transmembrane voltage equation is pre-
sented in 1.3.3 along with equations of the SENN (Spatially Extended Nonlinear
Node) model parameters.
Figure 1.8 shows a general representation of a myelinated fiber subject
to an induced electric field. The current travels from the stimulus electrode to
the fiber, through the conducting medium, causing external voltage disturbances,
Ve,n, at the nearby nodes. Depending on the direction of the transmembrane cur-
rent flow, these disturbances can either trigger depolarization or hyperpolarization
of the membrane.
Figure 1.9 shows an equivalent representation of the myelinated nerve as for-
mulated by McNeal [39]. The individual nodes are represented as a circuit el-
ements consisting of capacitance (Cm), resistance (Rm), and a potential source
(Er). Each nodal membrane circuit element is connected to the following circuit
through the resistance of the axoplasmic fluid, Ra. The potential source Er is
caused by the differences in the ionic concentration between the outside and the
inside of the axon along with different conductances for each ion. The voltages
Ve,n are the external nodal voltages as shown in Figure 1.8, resulting from the
induced electric fields in the conducting medium by the applied electromagnetic
field or the stimulus current. Section 1.3.3 will elaborate on the equations of the
transmembrane voltage and the ionic current.
Figure 1.8: Representation of electrical stimulation of myelinated nerve. The current stim-
ulus results in voltage disturbances Ve,n at the individual nodes. These in turn cause a local
depolarization of the nerve membrane [39].
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Figure 1.9: Equivalent circuit models for excitable membranes [39].
1.3.3 Transmembrane Voltage
The current emanating from the nth node in Figure 1.9 is then the sum of the
capacitive and ionic currents, and is related to internal ionic current, Ii,n, by
Cm
dVn
dt
+ Ii,n = Ga(Vi,n−1 − 2Vi,n + Vi,n+1) (1.5)
where Cm(F) is the membrane capacitance of the node and Ga(S) is the internodal
conductance through the axoplasmic fluid (1/Ra in Figure 1.9). Ii,n(A) is the
internal ionic current flowing in the nth node and Vn (V) is the transmembrane
potential at the nth node. Vn is considered relative to the resting potential, in a way
that positive Vn applies to depolarization form the membrane’s resting potential,
while negative Vn implies hyperpolarization.
Vn = Vi,n − Ve,n (1.6)
where Vi,n and Ve,n are the internal and external nodal voltages, respectively. Ex-
pressions of Ga, Gm (1/Rm in Figure 1.9), and Cm are given by
Ga =
pid2
4ρiLi
(1.7)
Gm = gmpidw (1.8)
Cm = cmpidw (1.9)
where d is the axon diameter at the node, Li is the internodal gap, ρi is the resis-
tivity of the axoplasm, cm is the membrane capacitance per unit area, gm is the
subthreshold membrane conductance per unit area, and w is the nodal gap width.
The internodal distance, Li, is related to the fiber diameter D by
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Li = 100D (1.10)
which is in turn related to the axon diameter d by
d = 0.7D (1.11)
Other than D, the other variables on the right-hand side of Eqs. 1.7, 1.8, and 1.9
are fiber diameter independent. Substituting Eq. 1.6 into Eq. 1.5 results in:
dVn
dt
=
1
Cm
[Ga(Vn−1− 2Vn+Vn+1+Ve,n−1− 2Ve,n+Ve,n+1)− Ii,n] (1.12)
The ionic current Ii,n in Eq. 1.12 can be expressed in a linear membrane:
Ii,n = GmVn (1.13)
1.3.4 E-field Interaction with the Nerve and Neuroelectric Modes
of Excitation
Iteration of the applied electric field with the nerve can be described in Fig-
ure 1.10. Figure 1.10 shows the three principal modes of neuro-electric excitation
as follows: bend mode (where the axon’s trajectory undergoes bend), end mode
(for sensory receptor or motor-neuron end plate for example), or at a spatial gradi-
ent of the electric field. Depending on the configuration conditions, one or another
of these three modes can be dominant. More than one mode can be simultane-
ously activated. In such cases, action potentials can be launched from more than
one node by a single stimulus waveform. The bend and end modes (the 2 upper
graphs in Figure 1.10) are sensitive to the magnitude of the E-fields rather than its
gradient, thus nerve excitation does occur where there is a significant electric field
surrounding the neuron [40]. For the spatial gradient mode, maximum depolariza-
tion occurs where the spatial gradient of the E-field is maximally positive [40].
For stimuli of long duration and long straight axons, the change in membrane
potential relative to its resting value is given by:
−λ2 ∂Ex
∂x
(1.14)
where λ is the membrane space constant, Ex is the component of the electric field
along the direction of the axon, and ∂Ex∂x is the directional derivative of the electric
field along the same direction. Equation 1.14 shows that that axons will be first
depolarized in the region where the component of the electric field along the axon
is decreasing most rapidly in the direction of the axon (gradient mode) [41].
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Stimulation of axons can also occurs at axon terminations or sharp bends, even
in the absence of electric field gradients [41]. In this case, and provided the axon
is long compared to its space constant, the membrane depolarization is given by
−λEx (1.15)
where Ex is the component of the electric field along the direction of the axon
at the termination ( [42]). At sharp right angle bends, this figure is reduced by
a factor of 2. According to equation 1.15, axons will be depolarized first where
terminations or sharp bends occur in regions where the electric field along the
direction of the axon is high.
Figure 1.10: Modes of neural stimulation. Excitation is initiated at points of maximum
current efflux acorss a neural membrane. Point excitation sites of fiber terminals, sharp
bends, and the maximal spatial gradient of the E-field [43].
1.3.5 Vagus Nerve Stimulation Clinical Application and Chal-
lenges
While the peripheral nerve stimulation is an undesired effect for patients under-
going MRI scans and should be limited, stimulation of the cervical vagus nerve
is beneficial for therapeutic refractory epilepsy, major depression, and congestive
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heart failure [44, 45]. In fact, the vagus nerve, an important component of the au-
tonomic nervous system, plays a major role in the regulation of metabolic home-
ostasis by controlling and regulating the function of various glands, and organs
throughout the body [46]. Vagus nerve stimulation (VNS) refers to any technique
that stimulates the vagus nerve, including manual or electrical stimulation. Left
cervical VNS is an approved therapy for refractory epilepsy and for treatment re-
sistant depression [47]. Right cervical VNS is effective for treating heart failure in
preclinical studies. In conventional vagus nerve stimulation, a device is surgically
implanted under the skin on the patient chest, and a wire is threaded under the skin
connecting the device to the left vagus nerve. When activated, the device sends
electrical signals along the vagus nerve to the brainstem, which then sends signals
to certain brain areas [47].
Percutaneous stimulation of the auricular branch of the vagus nerve (pVNS) is
a recently developed, and less invasive technique, to minimize the associated risks
of the surgical implantation [48, 49]. pVNS relies on the introduction of small nee-
dle electrodes in targeted regions of the auricle to access the nerve branches. The
major current applications of the pVNS are the treatment of chronic pain [50] and
peripheral arterial disease (common circulating problem in which narrowed arter-
ies reduce blood flow to the limbs) [51]. However, current clinical applications in
pVNS are still based on empirical selection of both stimulation regions and param-
eters with unknown variation of the therapeutic effect, which affect the specificity
of the stimulation, especially when the stimulation occurs in a dense innervation
region of the auricle with nerve fibers of different origin. This leads to possible
opposite physiological reactions [52]. Thus, numerical simulations are necessary
to optimize the stimulation areas as well as the applied field and current patterns
on individual level. Simulations of the electromagnetic fields excited in human
biological tissue by artificial neurostimulation are limited to the most common
types of neurostimulation, e.g., for peripheral nerve stimulation [53], transcra-
nial magnetic stimulation [54], deep brain stimulation [55, 56], and spinal cord
stimulation [57]. Therefore, it is important to establish, a realistic high-resolution
model of the pVNS application and investigate the effect of the electrodes’ depth
and position, as well as the stimulation pattern on the excitation threshold in single
and bundled axons. The importance of the stimulation specificity and sensitivity
makes the sensitivity analysis of the numerical model, an invaluable tool to better
quantify the dependence of the numerical model to different parameters. The sen-
sitivity analysis will be used to link the uncertainty in the model output to different
sources of uncertainty in the model parameters. It will also be used to identify
the most contributing input parameter and ascertain interaction effects within the
model. Thus, we can achieve a better model verification and understanding, factor
prioritization, and model simplification.
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1.4 Main Research Contributions and Outline
The general topic of this dissertation is numerical modelling and optimization
of the SPECT/MRI system and Auricular Vagus Nerve Stimulation. The first part
of this dissertation will be focused on the numerical modelling and optimization
of induced eddy currents in SPECT/MRI systems. The second part deals with ex-
posure of patients inside MR systems. The final part is dedicated to the Auricular
Vagus Nerve Stimulation modelling and optimization. The following subjects are
described in the chapters of this thesis.
In Chapter 2, a detailed numerical model of x, y, and z gradient coils along with
pentagonal and hexagonal configurations of the collimators were used to investi-
gate the induced magnetic field due to eddy currents in SPECT/MRI system. The
numerical model was validated with measurements. Measurements of the printed
tungsten resistivity were performed and an estimation of the induced eddy currents
using a single prototype collimator was reported. We then investigated the induced
magnetic field in a full ring of pentagonal and hexagonal ring of collimators, and
studied the effect of adding gaps between the collimators in the pentagonal geom-
etry to reduce eddy current density to less than 2 % of the applied gradient field.
Chapter 3 continues the investigation and reduction of eddy currents in SPEC-
T/MRI system by introducing design modifications (slit-slat, material reduction)
in the collimators to optimize the SPECT system. First, the current density (J) was
evaluated for different single collimator design and compared to the original col-
limator current density. The induced magnetic field was then calculated for each
ring of the adapted collimators and reduction in maximum induced magnetic field
due to eddy current was reported and discussed.
The rapidly changing MRI gradient fields are not only the cause of induced
eddy currents in collimators but can also lead to depolarization of membranes and
subsequent nerve stimulation of the peripheral nervous system causing uncomfort-
able or intolerable sensation in the patients. In Chapter 4, exposure of adults and
children in an MR scanner was evaluated using the induced electric fields in re-
alistic 3D whole-body adult male, adult female, and child models within shielded
whole-body x-, y-, and z-gradient coils. The calculated in-situ electric fields were
then compared with ICNIRP 2004 and IEC 2010 guidelines to prevent peripheral
nerve stimulation in the patients. The simulation platform was validated against
analytically derived results and the E-field evaluation methodology, based on the
guidelines, was also detailed. We then, compared the induced electric field with
limitations of the ICNIRP 2004, and IEC 2010 standard. This study was extended
to include investigation of the effect of coil’s type, human model type, and skin
conductivity on the induced electric fields.
In Chapter 5, a realistic numerical modelling of the pVNS application at the
human auricle including vessels and nerves was established. The simulation model
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was verified with analytical results using the myelinated nerve model. The electric
field distribution in the ear and its spatial derivative are then calculated and the
stimulation thresholds for each configuration are calculated and compared. The
titration mechanism was used to investigate the effect of different stimulation pat-
terns using mono-phasic, bi-phasic, anodic, and cathodic pulses. The percentage
of activated axons and stimulation thresholds to obtain 100 % axon activation are
presented for each axon population with discussion of the effect of the electrode
depth and position on the percentage of stimulated axons.
Chapter 6 is dedicated to a sensitivity analysis of the numerical model devel-
oped in Chapter 5. We started by specifying the input parameters range of values.
Then the effects of fiber diameter, number of axons, model temperature, ear con-
ductivity, as well as electrodes’ penetration depth and position on the stimulation
thresholds for single and bundled axons was assessed and discussed. The final goal
is to identify and prioritize the most influential parameters, identify non-influential
parameters in order to fix them to nominal values, and map the output behavior as
a function of the parameters by limiting the input range values to a specific domain
if necessary.
Finally, Chapter 7 summarizes this dissertation and addresses futures research.
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Part I
Induced Eddy Currents in
SPECT/MRI

2
EM Modelling and Characterization of
Eddy Currents Induced by Gradient
Coils for SPECT/MRI
2.1 Introduction
Medical imaging technology is shifting from single to multimodality imaging.
Single-photon emission computed tomography (SPECT) and MRI each have their
respective advantages and limitations. Combining these two technologies in a syn-
ergistic manner would allow researchers to exploit the strengths of both techniques.
SPECT can provide insight into a wide range of biological processes. However, its
relatively poor spatial resolution can make unambiguous localization of the probes
extremely difficult, especially when the images lack significant anatomical detail
for reference [1]. In contrast to SPECT, MRI can provide exceptionally high spa-
tial resolution anatomical information as well as localized chemical and physical
information such as metabolite concentrations and water diffusion characteristics.
Although combined PET and MRI is rapidly gaining popularity, no commer-
cial systems for combining SPECT and ultrahigh-field MRI have been developed.
Goetz et al. [2] used a strategy similar to PET/CT systems in which a small animal
SPECT system was brought in close proximity to a separate low field (0.1T) MRI
system for coregistered imaging. Because the investigators performed sequential
SPECT and MRI, their technique cannot be qualified as a truly integrated multi-
modality system with simultaneous data acquisition. Furthermore, the use of a low
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magnetic field is suboptimal and obvious given the state of the art of the ultrahigh-
field MRI system presently available.
Although the integration of SPECT and MRI for simultaneous data acquisition
offers numerous advantages and new opportunities, it also presents many techno-
logical challenges. One of these challenges is the presence of eddy currents in the
collimator due to the pulsed magnetic field gradients. MRI techniques combine
pulsed magnetic field gradients with frequency-selective RF pulses to achieve spa-
tial localization of the nuclear MR signal [3]; in these approaches, the currents
flowing in three gradient coils are rapidly switched on/off to encode the spatial
position of the nuclear MR active nuclei by a linear spatial variation of the gradi-
ent field along the x, y, and z coordinates. However, according to Faraday’s law,
any time-varying magnetic field results in an eddy current in a conducting object.
Therefore, this rapid switching of gradient coils induces spatially and temporally
varying eddy currents within the conducting structures of the MRI scanner and in
the collimator required for SPECT, which typically has a high conductivity. The
undesired magnetic field produced by these eddy currents opposes and distorts the
linear gradient fields in the region of interest, which results in image artifacts [4–6].
Other effects concern the thermal load in the cryostat of the superconducting mag-
net, which may lead to increased boil-off of the cryogens (can even cause magnetic
quenching in extreme cases) and acoustic noise due to their interaction with theB0
field [7].
2.1.1 Related Works
Hamamura et al. [1] developed a miniaturized dual-modality SPECT/MRI sys-
tem and demonstrated the feasibility of simultaneous SPECT and MRI data ac-
quisition. A cadmium zinc telluride nuclear radiation detector was interfaced
with a specialized radiofrequency (RF) coil and placed within a whole body 4T
MRI system. Their work can be considered as a feasibility study with simpli-
fied models to proof the possibility of simultaneous acquisition of SPECT and
MRI data. Cai et al. [8] presented a stationary, MR-compatible small animal
SPECT system development and preliminary imaging performance. Their system
is based on 20 second-generation energy-resolved photon-counting CdTe detec-
tors. Each detector is associated with four pinholes on average. Another SPEC-
T/MRI project is the INSERT (integrated SPECT/MRI for enhanced stratification
in radio-chemotherapy) [9] dedicated to develop a custom SPECT apparatus that
can be used as an insert for commercially available MRI systems (e.g., 3T MRI
with a 59 cm bore diameter). Two SPECT prototypes will be developed: one
dedicated to preclinical imaging, another dedicated to clinical imaging. Finally,
Mediso Medical Imaging Systems [10] was the first to market an in-line, whole
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body, preclinical SPECT/MRI system (nanoScan SPECT/MRI), with a 1T perma-
nent magnet, 450 mT/m gradient strength, up to 200 x 250 mm reconstructed field
of view (FOV) and 275 mm spatial resolution for SPECT components.
Although many approaches have been proposed to minimize the generation of
eddy currents [e.g., active and passive shielding coils [11–15], current pulse pre-
emphasis [4, 6, 16], less conductive magnet bore materials and alternative cryostat
configurations [17–20]], significant distortions will often remain, mainly in the
short time interval after the gradient is switched off. This is particularly the case in
the presence of highly conductive objects, where eddy currents are characterized
by long time constants [6].
Simulating eddy currents in conducting objects is particularly computation-
ally intensive. Several numerical approaches have been proposed to deal with this
problem. These methods propose an efficient computer modeling tool that would
reduce the experimental efforts during prototyping and development of pre-clinical
SPECT/MRI or PET/MRI systems. Differential methods such as finite element
method [18, 21] and finite difference time domain (FDTD) were proposed and
adapted to simulate eddy currents. Trakic et al. [22] developed a three-dimensional
FDTD method in cylindrical coordinates for the modeling of low-frequency tran-
sient eddy currents in MRI as an extension of the work of Liu et al. [23]. Integral
methods, such as, the boundary element method [24] or the method of moments,
only require the discretization of the active parts, neglecting the surrounding air
and introducing a correct far boundary condition. Their formulations typically
give rise to fully populated matrices, meaning that the storage requirements and
computational time will typically grow linearly with the geometry and the required
solution frequency [25]. Another integral method, the network method, has been
applied in the analysis of the currents induced by axially symmetric coils (e.g.,
z-gradient) in a realistic cryostat [7, 14, 17], and even coupled in Fourier space to
accurately evaluate the currents induced by coils of arbitrary geometry in cylindri-
cal coordinates [20, 26].
2.1.2 Objective
The goal of this chapter is to use numerical models to study different designs
of tungsten collimators for preclinical SPECT/MRI and the eddy currents in these
collimators due to x-, y-, and z-gradient coils for different arrangements of tung-
sten collimators. To this end, an x-, y-, and z-gradient coil for preclinical sys-
tems [27] has been simulated with the collimators using FEKO [25]. Section 2.2
presents a model of the eddy current approximated as inductive-resistive circuits.
In Section 2.3, the simulation platform, MRI gradient coils, and collimator model
are described with an experimental validation of the numerical settings. Section
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2.5 is dedicated to the characterization of the induced eddy current in the longi-
tudinal and the transverse MRI coils. In Section 2.6, we investigated different
arrangements of the collimators using hexagonal and pentagonal geometry with
gaps. Conclusions are drawn in Section 2.7.
2.2 Theory: Eddy Current Model
The conducting structures that support the eddy currents are approximated
as inductive-resistive circuits. Mutual inductance between the gradient coil and
conducting structures allows currents to be induced by the gradient coil [3]. A
straightforward analysis of this model approximates the eddy current as a super-
position of multiple exponential decay terms as a Taylor expansion of the eddy
currents [6]. According to previously described quasi-static eddy current mod-
els [4], the temporal behavior of the eddy current fieldGe(t) induced by a nominal
gradient waveform G(t) can be described as
Ge(t) = −dG(t)
dt
⊗H(t) (2.1)
where H(t) represents the eddy current impulse response function and dG(t)/dt
the time derivative of G(t). ⊗ is the convolution operator
The eddy current impulse response H(t) is given by a sum of decaying ex-
ponentials, characterized by amplitude constants αn (which depend on the induc-
tance and the mutual inductance of the nth coupled eddy current mode with the
gradient coil) and time constants τn (which depend on the resistance and the in-
ductance of the nth coupled eddy current mode) as follows
H(t) = u(t)
N−1∑
n=0
αne
−t/τn (2.2)
where u(t) is the unit step function and N the number of exponential terms.
2.3 Materials and Methods
2.3.1 Simulation Platform
The gradient coils and collimators were modeled with FEKO, a three dimen-
sional, full-wave electromagnetic simulation platform based on the method of mo-
ments (MoM). FEKO uses the method of moments, which provides full-wave so-
lutions of Maxwell’s integral equations in the frequency domain. We activated the
low-frequency stabilization and used the volume equivalence principle for meshing
the collimator. The volume equivalence principle allowed the creation of dielec-
tric bodies from cuboids or tetrahedrals, and it is advantageous for low-frequency
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simulations [25].
FEKO provided time analysis functionality, allowing electromagnetic prob-
lems to be analyzed in the time domain. The relevant computations were per-
formed in the frequency domain, and fast Fourier transform algorithms were used
to transform the data to the time domain. First, we extracted frequency compo-
nents of the gradient pulse by applying fast Fourier transform. We then performed
a broadband simulation covering the frequency range of the gradient shape. The
output was then postprocessed with FEKO time domain analysis to extract the time
response of the system, based on the gradient pulse.
2.3.2 MRI Gradient Coils
The system under investigation consisted of x, y, and z gradient coils for pre-
clinical systems and a SPECT collimator made of tungsten. Figure 2.1 shows the
gradient coils, and Table 2.1 lists its properties and configurations. The setup was
simulated with a broadband simulation from 0 to 10 kHz with a step of 400 Hz
to cover the frequency range of a sinusoidal ramp from 500 mT/m to 0 mT/m
within 0.25 ms. The magnetic field due to eddy currents was calculated by sub-
tracting the z-component of the magnetic induction of the gradient coils without
collimator (Bz) from the z-component (main component of the gradient field) of
the magnetic induction of the gradient coils with the collimator (Bcolz ). We then
calculated the maximum value within the 3 cm FOV (field of view).
X coil Y coil Z coil
Inner diameter (mm) 100 100 100
Outer diameter (mm) 126 126 128
Length (mm) 293 293 232
Gradient strength (mT/m) 500 500 500
Gradient efficiency (mT/m/A) 2.99 2.99 3.08
Applied current (A) 167.2 167.2 162.3
DSV of 3cm 2.1 % 2.1 % 0.9 %
Table 2.1: Parameters of the transverse and the longitudinal gradient coils. DSV refers to
diameter of spherical volume
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Figure 2.1: a-c: Wire patterns for x-gradient coil (a), y-gradient coil (b), and z-gradient coil
(c). d: Pentagonal ring of the collimators centered inside the z-gradient coil. Red and blue
colors are used to indicate wires in which there is a different sense of current flow (Source:
Poole [27]).
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2.3.3 SPECT Collimator
We simulated a full-ring, multi-pinhole collimator that is a part of a new, more
compact microSPECT system that is under development. Deprez et al. [28] de-
signed and produced the collimator with 20 loftholes [29] with 500 mm diameter
pinhole openings. The density of the collimator was equal to 17.31 ± 0.10 g/cm3
(89.92 ± 0.05 % pure tungsten). The designed multi-lofthole collimator (16 mm
thick and 70 x 52mm2 transverse size) was sent to the additive manufacturer Lay-
erWise (Leuven, Belgium) (Figure 2.2f). The collimator was built using a direct
additive manufacturing technique based on selective laser melting of high-density
tungsten powder. Van Holen et al. [30] used this collimator in a pentagonal and
hexagonal arrangement to determine the optimal microSPECT system.
2.3.4 Resistivity of the Printed Tungsten
Pure lead has a low susceptibility and conductivity and has shown to be MR-
compatible but the density of lead is only 11.34 g/cm3. This is sufficient for
parallel-hole or fan-beam collimators, but in pinholes, this results in high edge
penetration and poor resolution. Therefore, pinhole collimators are usually made
of tungsten, which has a much higher density (19.25 g/cm3) but is also very brittle
and difficult to machine. Tungsten alloys solve the issue of brittleness but they of-
ten contain ferromagnetic components and are therefore not MR compatible [28].
Additive manufacturing is based on the process of melting tungsten powder
layer by layer using a laser beam. By adapting the strength of this laser beam,
the laser spot size and/or changing the duration of the melting process at each po-
sition, it is possible to produce collimators with a lower/higher density [29]. As
the material is built up layer by layer, we expect the resistivity to be different for
directions parallel and perpendicular to the layers. Therefore, we determined resis-
tivity in three directions. Resistance measurements were performed along different
axes (Figure 2.3) with a four-point probe low resistance meter Keithley 6220/2182,
which has a precision of 10 nΩ. Four measurements were performed in order to
determine resistivity in all directions (Figure 2.3).
2.3.5 Eddy Current Measurements for a Single Collimator
In this section, we will investigate eddy currents induced in a prototype single
collimator. For this, distortions in a uniform water phantom were evaluated when a
prototype preclinical collimator [32] is placed inside the MR bore of a 7T Bruker
Pharmascan 70/16. The collimator was produced using additive manufacturing
and had a density of 17.31± 0.10 g/cm3 (89.92 ± 0.05 % of pure tungsten). T1,
T2 and T2* images were recorded using a RARE , FLASH -T2 and FLASH -T2*
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Figure 2.2: Simulated collimators system geometry definition. a, c: Pentagonal and hexag-
onal arrangements, respectively (dimensions are in mm). b, d: Rendering of the respective
SPECT systems. Centrally, the multipinhole collimators are shown, followed by the scin-
tillator, Photomultiplier tube, and electronics. e: Pentagonal geometry with gap of 1.7 mm
between the collimators. f: Design of the collimator [28].
sequence, respectively, and using a volume transmit coil (Part No. T1123V3) and
a rat brain surface receive coil (Part No. T11425V3) [29].
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Figure 2.3: Resistance measurement setup in four directions (source: Van Audenhaege
[31]).
Images were acquired with and without the collimator on top of the receiver
coil (Figure 2.4) and compared based on their line profile. The effect of shimming
was also investigated, which is the adjustment of the magnetic field in case of in-
homogeneities, e.g. due to the presence of a ferro-magnetic material. The effect
of shimming was measured on a uniform phantom scanned with an echo-planar
imaging (EPI) sequence with and without collimator inside a volume transmit/re-
ceive coil (Part No. T1123V3). The EPI was used because the sequence is T2*
based and typically very sensitive to changes in the magnetic field. Firstly, mea-
surements were performed without the collimator. Secondly, measurements were
performed with the collimator and lastly, shimming was realized before measuring
again with the collimator using the Bruker second order local MAPSHIM, which
is based on the minimization of the B0 field map variation.
2.3.6 Experimental Validation of the Numerical Settings
2.3.6.1 Measurements
To validate the simulations, we performed measurements on a 7T preclinical
MRI from Bruker Pharmascan with a volume coil (part no. T1123V3) and a rat
brain surface receiver coil (part no. T11425V3). We measured eddy currents due
to a 25 x 10 x 40 mm3 block of lead with a resistivity of 186.43 nΩm. The block
was inserted in the MR bore (at position x = 20.5, y = 0, and z = 2 mm on top
of the receiver coil) together with a spherical phantom with an inner diameter of
12.24 mm, filled with CuSO4 (1 g/L) in H2O (CAS nr: 7758-99-8) with an elec-
trical conductivity of 0.057 S/m.
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Figure 2.4: Measuring a uniform phantom in a 7T MRI with and without collimator (source:
Deprez [29])
Measurements were performed with the phantom positioned at different loca-
tions along the z-axis (x = 0.35 mm and y = 0.23 mm) and with the sequence
shown in Figure 2.5. We applied a z-gradient with a peak value of 119.35 mT/m
(applied for 500 ms) and a sinusoidal ramp up and down (both with duration of
248 µs). Immediately after the ramp-down, we acquired the free induction decay
signal, whose phase relates to the magnetization as follows [33]:
φ(t) = γ
∫ t
0
Be(x)dx+ φ0 (2.3)
where φ(t) is the phase of the free induction decay, γ is the gyromagnetic ra-
tio (267.513 rad/s/T for protons), Be is the magnetic field induced by the eddy
currents in the lead block, and φ0 is a constant phase offset due to main field in-
homogeneities. To cancel out the constant offset, we acquired the free induction
decay after both a positive and a negative gradient:
φT (t) =
φ+(t)− φ−(t)
2
= γ
∫ t
0
Be(x)dx (2.4)
The magnetic field due to eddy currents was then retrieved by differentiating the
phase:
Be(t) =
1
γ
dφT (t)
dt
(2.5)
We performed these measurements both with and without the lead block insert
and for different locations of the phantom. We did not modify the pre-emphasis
settings of the MRI system.
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Figure 2.5: Pulse sequence used for the measurement of eddy currents. G is the gradient
strength and τ the ramp-down time. The induced magnetic field is taken after completely
switching off the gradient field.
2.3.6.2 Simulations
To validate simulations with the configuration of measurements, we considered
a z-gradient coil, a representation of the phantom and the RF coil, and a cuboid
representing the lead block. The phantom was modeled as a sphere of diameter
12.24 mm with electrical conductivity of the CuSO4 - 5H2O, σ = 0.057 S/m. The
RF coil was modeled as a half cylinder (central axis = z-axis, diameter = 37.5 mm,
height = 80 mm, thickness = 5 mm) with a perfect electric conductor medium (a
zero-resistance conductor). The lead block was represented by a cuboid of dimen-
sions 25 x 10 x 40 mm3 and electrical resistivity r = 186.43 nΩm. The simulated
gradient ramp has a sinusoidal shape with a ramp-down time of 248 µs and a gra-
dient strength G = 119.35 mT/m to match the gradient applied in measurements.
Figure 2.6 shows a representation of the described configuration. To determine
the magnetic field due to eddy currents from the simulations, we first extracted the
z-component of the magnetic induction B from both simulations (with and with-
out the lead block), then compared the two components to quantify the additional
magnetic field due to the lead insertion.
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Figure 2.6: Experimental setup used to validate simulations. The gradient system consists
of a shielded z-gradient coil. The phantom is modeled by a sphere of diameter 12.24 mm.
The RF coil is modeled as a half cylinder (central axis = z-axis, diameter = 37.5 mm, height
= 80 mm, thickness = 5 mm). A cuboid of dimensions 25 x 10 x 40 mm3 represents the
lead (Pb) block.
2.4 Measurement Results and Validation of the Sim-
ulations
2.4.1 Measured Resistivity of the Tungsten
The measured resistance values are shown in Figure 2.7 and then converted to
resistivity values (from Van Audenhaege [31] ). Figure 2.8 shows that the resis-
tivity was highest in the direction parallel to the layers (310 to 360 nΩ.m) and
lowest in the direction perpendicular to the layers (158 to 78 nΩ.m). The higher
resistivity in the parallel layers can be explained by the long micro-cracks in these
layers, which are a result of the high temperature that is needed to melt the tungsten
powder and the fast cooling down afterwards. The micro-cracks also explain why
it is challenging to achieve a density of 100 %: the stronger the laser, the higher
the density should theoretically be, but the higher the risk for micro-cracks. These
micro-cracks are usually not desired as they decrease the strength of the material,
but in the context of MR-compatibility and decreasing eddy currents they appear
to be advantageous and help to increase resistivity. In conclusion, all resistivity
values are higher than the resistivity of solid tungsten (56 nΩ.m), which is in line
with the expected value.
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Figure 2.7: Resistance in function of density in four directions as depicted on Figure 2.3
(source: Van Audenhaege [31]).
Figure 2.8: Resistivity as a function of density for three directions: ρ1 is the direction
perpendicular to the layers and ρ2 and ρ3 are the directions parallel to the layers (source:
Van Audenhaege [31]).
2.4.2 Measured Eddy current for Single Collimator
The resulting T1, T2 and T2* images of the uniform phantom are shown in
Figure 2.9. The decrease in sensitivity (in the vertical direction) is due to the
properties of the receiver coil (which is a surface coil) and is normal. The deviation
due to the presence of the collimator is best observed in the line profiles. The
differences are very limited except for the T2* sequence, which is typically more
sensitive to disturbances. The effect of shimming is shown in Figure 2.10. A small
image deformation (squeezing) can be noticed when the collimator is inserted in
2-14 EM MODELLING AND CHARACTERIZATION OF EDDY CURRENTS
the bore (Figure 2.10d). This deformation can be almost completely removed by
shimming after inserting the collimator in the bore (Figure 2.10e).
Figure 2.9: Images and line profiles of a uniform phantom with and without collimator
(source: Deprez [29]).
Figure 2.10: EPI image of a uniform phantom a) reference image b) with collimator, no
shimming c) with collimator, auto-shim (d,e) line profiles (source: Van Audenhaege [31]).
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2.4.3 Validation of the Numerical Model
Measurements were performed after turning off the gradient for 248 ms. Fig-
ure 2.11a shows the average value [over a sphere of radius 1 mm, centered at
(0.345, 0.23, 2.8) mm] of the magnetic field due to eddy currents for both simu-
lations and measurements. Figure 2.11b shows the difference between measure-
ments and simulations compared with the applied gradient field. The maximum
variation between measurement and simulation was <1 % of the applied gradient
field. If the eddy currents induce a magnetic field that is >2 % of the gradient field,
artifacts will arise [31]. This guideline value of 2 % is experimentally derived
during measurements for the SIMRET project [31]. Induced fields due to eddy
currents with values less than 2 % of the applied gradient field can be corrected
using the shimming mechanism as detailed in Section 2.4.2.
Figure 2.11: Validation of the simulation using the lead block. a: Measured and simulated
magnetic induction due to eddy currentsBe. b: Difference between measured and simulated
induced field due to lead insertion, compared with the applied gradient field. Bs, Bm, and
BG stand for simulated, measured, and applied magnetic induction, respectively.
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2.5 Eddy Currents Characterization for Longitudi-
nal and Transverse coils
Results from the measurements using a single collimator (Figures 2.9 and 2.10)
were promising, but these measurements are for a single collimator element, while
the final system consists of five or six collimator elements, forming a full ring. As
the production of such a full ring is expensive, we investigated the full-ring design
based on simulations. In this section, we will investigate and characterize the in-
duced fields for both the longitudinal and transverse coils and we compare results
for both coil types. In Section 2.6, we will investigate whether we can further re-
duce eddy currents by leaving small air gaps between neighboring collimators in
the collimator ring or by changing the collimators’ arrangement from pentagonal
to hexagonal geometry.
Figure 2.12 shows a representation of the gradient field strength for the trans-
verse and longitudinal gradient coils. Figure 2.13 shows the magnetic induction
due to eddy currents (Be) as a percentage of the applied gradient field for longi-
tudinal and transverse gradient coils. The maximum value of the induced mag-
netic field is 4.66 % and 0.87 % of the applied gradient field (gradient strength
= 500 mT/m) for longitudinal and transverse gradient coils, respectively. The ap-
plied gradient field is determined at the point in space where the eddy current is
being calculated. Thus, the transverse coils induce fewer eddy currents than the
longitudinal ones, due to the wire distribution for the two types of the coils and
the collimators’ position inside the coils. In fact, because gradient fields are along
the z direction for both of the coils and increase linearly with the same ratio (Gx
= Gy = Gz), the collimator, by its geometry and position, is more exposed to the
gradient fields in the longitudinal configuration (Figure 2.12). Figure 2.13 shows
that the magnetic field produced by the eddy current changes sign. These relatively
small values (the maximum negative value represents 2.71 % of the maximum pos-
itive value) is due to competing eddy currents on different surfaces with slightly
different time constants.
2.6 Effect of the Collimators’ Arrangement Geome-
try on the Maximum Induced Eddy Currents
In this section, we investigated different arrangements of the collimators us-
ing pentagonal geometry with gaps and the hexagonal geometry for the transverse
and the longitudinal gradient coils (2.2 shows the considered configurations). Ta-
ble 2.2 shows the maximum value of Be (always as a percentage of the applied
gradient field) for the three configurations. The hexagonal geometry induces larger
eddy currents (maximum induced magnetic field is equal to 6.17 % of the applied
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Figure 2.12: Representation of the gradient field strength for (a) the x-gradient coil (trans-
verse gradient coil) (b) and the Z-gradient coil (longitudinal gradient coil) (b). The norm
and the direction of the vectors represent the field’s strength and sign, respectively.
Figure 2.13: Be in percentage of the applied gradient field of 500 mT/m for both the longi-
tudinal and the transverse gradient coils in averaged a FOV of 3 cm, after switching off the
gradient field.
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Pentagon Pentagon with gaps Hexagon
Transverse 0.87% 0.43% 0.97%
Longitudinal 4.66% 1.13% 6.17%
Table 2.2: Maximum Induced Magnetic Field as a Percentage of the Applied Gradient Field
(G = 500 mT/m, τ =0.25 ms) in an FOV of 3 cm
gradient field, for hexagonal arrangement using longitudinal coil), and by adding
relatively small gaps between the collimators (1.7 mm), the maximum value of
the induced magnetic field was reduced by 50.6 % and 75.8 % for transverse and
longitudinal gradient coils, respectively, bringing back the maximum value of the
induced field to <2 % of the applied gradient field. The hexagonal system has a
higher sensitivity than the pentagonal one [30] but it induces more eddy currents
for both types of gradient coils. This is due to the increase in number of the colli-
mators (six instead of five for the pentagonal arrangement), thus more conductive
volume in the hexagonal arrangement. Adding gaps between the collimators can
reduce the maximum value of Be by 75 % (Table 2.2) and brings it to <2 % for all
the gradient coils. However, the individual pieces should be electrically isolated;
otherwise, the values of 1.13 % and 0.43 % should be revised to include eventual
eddy current in the connections between the collimators.
Figure 2.13 and Table 2.2 show that there are still residual eddy currents induc-
ing a spatio-temporal magnetic field, which can be further reduced nowadays using
two standard practices. First, pre-emphasis techniques use eddy current models
and constants to temporally modify the gradient pulse, in a way that the com-
bination of the nominal gradient field and the induced field produce the desired
pulse shape [16]. Second, active shielding, in which a secondary coil surrounding
the first is introduced. The wires in this second screening coil are positioned so
to cancel the field from the inner coil in the region outside the screen [14, 15].
Both approaches are used in combination in most MRI scanners. Poole et al. [34]
proposed an eigenmode analysis of eddy currents to reduce the complex spatio-
temporal eddy current field variation to a purely temporal variation. In this way,
preemphasis would work exactly over the whole region of interest with a single
time constant filter, since the spatial form of the eddy current field stays exactly
the same. New modifications to the collimator’s design and surface can also re-
duce the maximum induced magnetic field and mitigate the effect of residual eddy
currents (next chapter 3).
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2.7 Conclusions
A numerical model of the x-, y-, and z-gradient coils with different arrange-
ments of the collimators was studied to investigate eddy currents in the tungsten
collimators due to the gradient fields for SPECT/MRI system. The numerical
model was validated with measurements, and it was proposed as an efficient tool
for studying the effect of SPECT collimators within the MRI gradient coils. Simu-
lations were performed using a three-dimensional electromagnetic simulator with
a time analysis tool. First, we detailed the numerical model of the MRI gradient
coils and the collimator. Then, we measured the resistivity of the printed tungsten
used in the additive manufacturing of the collimators and we reported results of
the induced eddy current measurements for a single collimator. We investigated
the induced magnetic field in a full ring of pentagonal and hexagonal ring of col-
limators. We also studied the effect of adding gaps between the collimators in the
pentagonal geometry to reduce eddy current density <2 % of the applied gradient
field. The residual eddy currents can be further reduced using new design strate-
gies for SPECT collimators to reduce eddy currents and to provide more optimized
collimator designs for SPECT/MRI integration (next chapter 3).
2.8 Original Contributions
The MR-compatibility measurements in this Chapter were performed by Karen
Van Audenhaege [31].
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3
Design Strategies for SPECT
Collimators to Reduce the MRI
Induced Eddy Currents
3.1 Introduction
In Chapter 2, a numerical model was developed to investigate the induced eddy
currents due to different arrangements of tungsten collimators inside MRI coils for
preclinical SPECT/MRI system. The numerical model was validated with mea-
surements and the induced magnetic fields due to x-, y-, and z-gradient coils was
characterized in a full ring of pentagonal and hexagonal ring of collimators. Chap-
ter 2 proposed different arrangements of the collimators, including adding gaps
between the collimators, to reduce the induced magnetic fields due to eddy cur-
rents. In order to optimize the transverse field of view of the SPECT/MRI system
and increase it from 25 mm to around 30 mm, a new arrangement of the collimators
will be used including 7 collimators instead of 5. Different design strategies will
then, be used to adapt the collimator design, while keeping the heptagonal arrange-
ment of the collimators, in order to maximally reduce the induced magnetic field
due to eddy currents. With the current technology, collimators can be produced
by additive manufacturing, which gives new degrees of freedom to the design and
the material. Additive manufacturing uses selective laser melting of pure tungsten
powder and provides techniques for the production of complex multipinhole colli-
mators designs [4]. Eddy current reduction by introducing lamination, horizontal,
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and vertical slits in the design has been reported for power transformers [5–8],
electric motors [9, 10] and bending magnets [11]. Slit-slat and multi-slit slit-slat
collimators was previously introduced for different SPECT system [12–15]. A
slit-slat collimator can be considered as a mixture of a pinhole and a parallel-hole
collimator. The slits used in [16] are oriented parallel to the axis of rotation of the
collimator and form long knife-edges so that the collimator has the properties of
a pinhole collimator in the transverse plane [16]. To the author’s knowledge, slits
in the collimators, core material reduction, and z-shaped vertical slits have never
been used before for eddy currents reduction in SPECT/MRI systems.
The objective of this chapter is to use different collimators designs to optimize
the SPECT collimator in order to reduce eddy currents by introducing smart de-
sign modifications. The final model will consist of a heptagonal configuration of
optimized collimators designs. To this aim, numerical simulations are carried out
using x-, y-, and z-gradient coils along with different designs of the collimators
using FEKO [17]. First, the current density (J) was extracted for different single
collimators design and compared to the original collimator current density. The
induced magnetic field was then calculated for each ring of the adapted collima-
tors and reduction in maximum induced magnetic field due to eddy current was
reported and discussed. In Section 3.2.4 the simulation platform, MRI gradient
coils and original collimator model are presented. Short description of the metal
additive manufacturing process is also described in this section with introduction
of the different design used to reduce the induced magnetic field due to eddy cur-
rents. Section 3.3 is dedicated to the description of the current density distribution
in the single and ring of collimators. J distribution was extracted and compared
for the original and adapted designs in single and heptagonal arrangement of the
collimators. In Section 3.4, we reported the reduction in the maximum value of the
induced magnetic field due to eddy currents for optimized collimators designs with
a comparison of the current density for the ring of the original and the optimally
adapted collimators. Section 3.5 shows then the magnetic induction due to eddy
currents as a percentage of the applied gradient field for longitudinal and trans-
verse gradient coils for the original and the optimized ring of collimators. Finally,
conclusions are drawn in Section 3.6
3.2 Materials and Methods
3.2.1 Simulation Platform and Validation Method
The gradient coils [18] and collimators were modeled with FEKO (method of
moments) [17], a three-dimensional electromagnetic simulation platform. FEKO
(Altair, Germany) uses the method of moments, which provides full-wave solu-
tions of Maxwell’s integral equations in the frequency domain. We also used
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FEKO’s time analysis functionality, allowing electromagnetic problems to be an-
alyzed in the time domain. The relevant computations were performed in the fre-
quency domain and fast Fourier transform algorithms were used to transform the
data to the time domain. First, we extracted frequency components of the gradient
pulse by applying fast Fourier transform; we then performed a broadband simula-
tion covering the frequency range of the gradient shape. The output was then post
processed to extract the time response of the system, based on the gradient pulse.
The setup was simulated with a broadband simulation from 0 to 10 kHz to cover
the frequency range of a sinusoidal pulse with a ramp-down time of 0.25 ms.
We performed simulations with x-, y-, and z-gradient coils for preclinical sys-
tems (Figure 3.1). The coils are fed with 167.24 A and 162.33 A for transverse
and longitudinal gradient coils, respectively. The gradient strength was 500 mT/m,
and the maximum gradient deviation in a sphere of 30 mm was 2.06 % and 0.86 %
for transverse and longitudinal gradient coils, respectively. The validation of the
simulation model with measurements was reported in the Chapter 2. To validate
simulations with the configuration of measurements, we considered a z-gradient
coil, a representation of the phantom, a radio-frequency (RF) coil and a cuboid
representing the lead block (Pb). The results of the simulations were compared
to measurements using a 7T MRI scanner (Bruker Pharmascan). The z-gradient
coil and the simulation tool used in Chapter 2 are identical to those used in this
Chapter. The maximum variation between measurement and simulation was less
than 1% of the applied gradient field (G = 500 mT/m).
3.2.2 Metal Additive Manufacturing
Additive manufacturing is a broad term used for a variety of production tech-
niques in which material is built up in thin layers by 3D printers based on a 3D
CAD design (STL file). The process starts with a thin solid piece on which con-
secutive layers of metal powder are melted. The melting is done with a laser that
selectively melts the powder at locations where solid material is needed based on
an STL file, created with 3D CAD software (Figure 3.1a). Figure 3.2 shows the
steps used in the process of metal additive manufacturing. The production pro-
cess starts with a thin solid piece of tungsten that is placed on the object piston
Figure 3.2e). The powder table (Figure 3.2g) moves and the power distributer
(Figure 3.2f) spreads a thin layer of tungsten powder on the solid tungsten piece.
In the next step the laser scanner system (Figure 3.2a and Figure 3.2b) with a high
intensity focus melts the wanted cross section of the part. Now, the object piston
(Figure 3.2e) moves down and a subsequent layer can be build up. The multi-
pinhole collimator (3.1b) is a complex and challenging design that was produced
using metal additive manufacturing.
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Figure 3.1: Wire patterns for (a) X-gradient coil. (b) Y-gradient coil and(c) Z-gradient coil.
(d) Full ring of the collimators centered inside the z-gradient coil. Red and blue colors are
used to indicate wires in which there is a different sense of current flow. (gradient coils
from Poole [18])
3.2.3 Original Collimator
Figure 3.3a shows the proposed collimator that has been developed for a new
microSPECT system (Figure 3.3b). The system consists of 7 identical collimators
and digital silicon photomultipliers assembled in a ring. The system is station-
ary and therefore less sensitive to geometric calibration issues, better suited for
dynamic and gated imaging and easier to integrate with MRI [4, 19]. Tungsten
is a promising material for the production of MR-compatible collimators. It has
a high number of electrons (Z=74) and a high density (19.25 g/cm3). However,
pure tungsten is difficult to process. It is both hard and brittle. Therefore, many
pinhole collimators are made from tungsten alloys (with nickel, iron and/or cop-
per). They are easier to process but have a higher susceptibility and are thus less
MR-compatible. Additive manufacturing overcomes these problems by selective
laser melting of pure tungsten powder. This technique can produce complex parts,
given some restrictions like a minimum feature size of 500 µm, a precision of 50
µm and a maximum build volume of 245 mm x 245 mm x 190 mm and larger
parts will be possible in the future. Down facing surfaces are also difficult to con-
struct or need a supporting structure (Layerwise, Belgium). Selective laser melting
also allows varying the density of the material. The supplier of the collimator is
able to produce tungsten densities from 80 to 99%. Lower density tungsten has
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Figure 3.2: Illustration of the production process: laser source (a), scanner system (b),
collimator (c), powder delivery system (d) and (f), object piston (e), powder (g) (source:
Deprez [4]).
a lower conductivity, resulting in less eddy currents as reported and discussed in
Section 2.4.1 (chapter 2). On the other hand, a lower density also results in a lower
attenuation coefficient and thus less photons are attenuated by the material. In fact,
according to the Beer-Lambert law, the number of photons transmitted through a
material is equal to:
N = N0e
−µ x (3.1)
where N0, x, and µ are the number of incident photons, thickness of the material
(in cm) and linear attenuation coefficient usually expressed in cm−1. The attenu-
ation factor is then equal to 1 − NN0 . The attenuation coefficient, µ, is the product
of the mass attenuation coefficient (photon energy dependent) with the volumet-
ric mass density of the material. The mass attenuation coefficient for tungsten is
equal to 1.581 cm2/g for photons with an energy of 140 keV. The collimator was
produced using additive manufacturing and had a density of 17.31± 0.10 g/cm3
(89.92± 0.05 % of pure tungsten), thus, using Equation 3.1, 2 mm of this material
is sufficient to attenuate photons with energy of 140 keV which stops 99.58 % of
all incoming gamma rays. Due to the additive manufacturing process, the collima-
tor has a different resistivity along the transversal (292 nΩ.m) and the longitudinal
(108 nΩ.m) direction. Because eddy currents increase with the material conduc-
tivity, we performed our simulations with a collimator using the lowest resistivity
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(108 nΩ.m) to cover the strongest eddy currents.
Figure 3.3: The original collimator. a) 3D CAD design of one collimator (1: flange, 2:
slope, 3: region of pinholes). b) Printed full-ring multilofthole collimator.
3.2.4 System Optimization
Different collimators designs were investigated to reduce eddy currents in-
duced in the collimators ring. We did this step-by-step and investigated the ef-
fect of every modification separately. We then evaluated the induced magnetic
field due to the full ring collimator insertion for each optimization. The magnetic
field due to eddy currents (Be) was calculated by subtracting the z-component of
the magnetic induction of the gradient coils without collimator (Bz) from the z-
component of the magnetic induction of the gradient coils with the collimators
(Bcolz ). The choice of the z component is motivated by the fact that it represents
the main component for the gradient field. The maximum induced magnetic field
Bi,max for each optimization was compared to the maximum induced magnetic
field B0,max in the original collimator (Figure 3.3) using the relative variation (∆i
in percentage) as follows:
∆i = 100
B0,max −Bi,max
B0,max
(3.2)
Figure 3.4 shows the different designs we simulated to reduce the induced mag-
netic field due to eddy currents.
Smaller Flanges:
First, we removed all excess material. The flanges (region 1 in Figure 3.3) at
the edges of the collimator have as only function to mount the collimator and not
to attenuate photons. Therefore, the first adaptation to the design was a reduction
of the excessive material in the flanges where high current densities are expected.
Proper mounting of the collimator is still possible (Figure 3.4A).
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Figure 3.4: Adapted collimator designs. A): Smaller flanges. B): Horizontal slits. C):
Material reduction in the core. D): Vertical slits in the middle. E): Combined vertical slits
and material reduction. F): Z-shaped vertical slit.
Horizontal Slits:
It is expected that the current density is highest near the surface of the colli-
mator due to the skin effect. This can be reduced with slits in the surface [11, 20]
(Figure 3.4B).
Material Reduction in the Core:
In the center of the collimator there is a solid core of tungsten. The photons
are attenuated before they reach the core so this excessive material may be omitted
(Figure 3.4C). We expect this to further reduce eddy currents but the collimator
will be more complex to print and a supporting structure will be needed.
Vertical Slit in the Middle:
The supporting structure can be avoided by using two vertical slits in the mid-
dle of the collimator (Figure 3.4D) to reduce eddy currents instead of removing all
the core material.
Z-Shaped Vertical Slit:
In order to maximally reduce the eddy current, the two previous solutions (Sec-
tions 3.2.4 and 3.2.4) can be combined (Figure 3.4E). However, when the reduc-
tion of material in the core is combined with the vertical slits, some photons might
not be attenuated and pass though the vertical slits and the thin wall of the loft-
hole. This penetration can be avoided by using a Z-shaped slit (Figure 3.4F and
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Figure 3.5) instead of the vertical slit of Figure 3.4D.
Figure 3.5: Z-shaped vertical slit.
3.3 Current Density Distribution
3.3.1 Current Density Distribution in the Original Collimators
Figure 3.6(a) shows the transversal view of current density distribution (RMS
modulus, in dB normalized to 40.6 MA/m2) in a single original collimator (Figure
3.3a) . The global maximum value is 40.62 MA/m2 at x = 34.15 mm, y = 0.6
mm and z = -21.45 mm (located in the flanges region). This figure indicates that
J increases with x and z. As the collimator is positioned 21 mm off-center in the
x-direction, the increase in the x direction can be explained by the fact that the col-
limator is positioned closer to the wires of the gradient coils. The increase of J in
the z-direction is explained by the fact that the applied magnetic field that increases
linearly with the z position. These results confirm that the eddy currents are high
in the flanges and in the core of the collimator, which justifies our adaptations to
these areas. Figure 3.6(b) shows the summed J for different slices perpendicular
to the z-axis. We added identifications for the different regions on the graph ac-
cording to Figure 3.3a. The highest values of J are located in the flange region
and around the center of the collimator, whereas the minimal value is located at
the center (z = 0 mm). This indicates that by adapting the flanges we can reduce
the maximal J value. Figure 3.6b showed the presence of 3 minima in the current
density distribution at z ≈ ± 19 mm, z ≈ ± 7 mm, and z = 0 mm (indicated with
1, 2, and 3 in Figure 3.6b). This can be explained by the presence of the hole in the
flanges, the location of the pinhole apertures in the collimator, and the very low
value of the applied magnetic field in the slice z = 0, respectively.
Figures 3.7a and 3.7b show the maximum and the minimum J slice along the
z-axis (longitudinal slices). The highest and lowest current density values occur
at the edge and the center of the ring respectively. Figure 3.7 shows the summed
current density (RMS modulus) for longitudinal slices on the full ring of seven
collimators. The highest values of J are located near the edge of the ring and the
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Figure 3.6: Current density distribution on a single collimator. (a): Transversal view of J
(RMS modulus, in dB normalized to 40.6 MA/m2) where the maximum J is located. (b):
Summation of J (RMS modulus) in each slice perpendicular to the z-axis, (1 = flange, 2 =
slope, 3 = region of pinhole).
minimum values occur at the center, with a decrease in summed J from the edge
to the center of the ring. Simulations with the full ring of the collimators indicated
that there is no cumulative effect of the current density of the individual collima-
tors. In fact, Figure 3.8 shows a maximum current density of 80 MA/m2 for the
full ring of the collimators while the maximum of summed J of a single collimator
is about 21 MA/m2. Figure 3.7 and 3.8 even show a compensation effect of the
current densities from different collimators on the global current density near the
center of the ring.
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Figure 3.7: Transversal slices of the current density J (RMS modulus, in dB normalized
to 46.3 MA/m2) on the ring of seven collimators. (a): Minimum J slice z = 0 mm. (b):
Maximum J slice z = 21.5 mm (scaling of Figure 3.6 and Figure 3.7 is identical).
3.3.2 Current Density on the Adapted Collimators
Figure 3.9 shows current density on the surface of the collimator for differ-
ent adapted designs shown in Figure 3.4 and a comparison between the original
and the optimized design (Figure 3.9O and 3.9F) shows a general decrease in cur-
rent density. Figure 3.9O shows that high values of current density are located in
the flanges of the collimators which motivates the first adaptation of our design
(smaller flanges).
3.4 System Optimization Results
Table 3.1 shows the reduction in the maximum value of the induced magnetic
field due to eddy currents inside a FOV of 3 cm, for each adaptation separately
for the full ring of 7 collimators. Smaller flanges reduce the current density by
18 % and 16 % for longitudinal and transverse coils (x- and y-gradient coils), re-
spectively. The horizontal slits reduce the eddy currents by 22.5 % and 20 % for
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Figure 3.8: Summation of J (RMS modulus) in each slice perpendicular to the z-axis for
the ring of seven collimators.
Figure 3.9: Current density on the surface of a single collimator (RMS value in dB normal-
ized to 50 MA/m2). O: Original collimator as shown in Fig. 2a. R: Reference and scaling
for all the sub-figures. A-F: Adapted collimator designs as shown in Figure 3.4.
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longitudinal and transverse coils, respectively. Using less material in the core or
applying vertical slits results in almost the same reduction (37 % and 33 % for
longitudinal and transverse coils). However, the vertical slits are cheaper because
a hollow collimator requires supporting structures during production. Both can be
combined, the reduction is then 54 % and 48 % for longitudinal and transverse
coils, respectively. The z-shaped slits (Figure 3.5) are used to prevent attenuation
problems introduced by the vertical slits and less material in the core combination.
The reduction for z-shaped slits is then about 54 % and 48 % for longitudinal and
transverse coils, respectively. Figure 3.10 shows the summed J on the full ring of
Adaptation Description
Reduction (%) Reduction (%)
for for
longitudinal coil transverse coils
A Smaller flanges 18.36 15.93
B Horizontal slits (2 mm) 22.54 19.54
C Less material in the core 37.24 33.24
D Vertical slits 37.06 33.23
E Vertical slits and less 53.85 47.80material in the core
F Vertical z-shaped slits 53.85 48.17and less material in the core
Table 3.1: Reduction in the maximum eddy current (Be) for different adaptation (Figure
3.4)
the original collimators and the optimally adapted collimator. The highest reduc-
tion occurs at the edges and around the center of the ring.
The most important reductions are near the region of the flanges (smaller
flanges design) and the center of the collimators (less material in the core and ver-
tical slits designs). The z-shape configuration with reduced material in the core
seems to be the most favorable since it gives the highest reduction value. The col-
limator was optimized for the microSPECT system (in terms of pinholes) and thus,
we opted to modify this multi-pinhole collimator instead of making a new one and
optimize it for the microSPECT system. A general rule is to omit all unnecessary
material (which also makes the production cheaper when using additive manufac-
turing) while paying attention not to disturb the basic function of the collimator.
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Figure 3.10: Summation of J (RMS modulus) in each slice perpendicular to the z-axis for
the ring of the original and the optimally adapted collimators using the longitudinal coil.
3.5 Temporal Variation of the Induced Field for the
Original and the Optimized Ring of Collimators
Figure 3.11 shows the magnetic induction due to eddy currents (Bi) as a per-
centage of the applied gradient field for longitudinal and transverse gradient coils
(x- and y-gradient coils) for the original (Figure 3.3a) and the optimized (Fig-
ure 3.4F) ring of collimators, averaged in a FOV of 3cm. For the original collima-
tor, the maximum value of the induced magnetic field is 4.21 % and 1.06 % of the
applied gradient field (gradient strength = 500 mT/m) for longitudinal and trans-
verse gradient coils, respectively. For the optimized ring of collimators, we have
1.91 % and 0.46 % of the applied gradient field for longitudinal and transverse
gradient coils, respectively. The transverse coils induce thus less eddy currents
than the longitudinal. This is due to the wire distribution for the two types of the
coils and the collimators’ position inside the coils (explained in more details in
Section 2.5 Chapter 2). A global reduction of 53.8 % and 48.2 % for longitudinal
and transverse coils, respectively, is finally obtained with these design changes,
and thus by using the optimized design we can bring the percentage of the induced
magnetic field to less than 2% of the applied gradient field. This guideline value
of 2% is experimentally derived during measurements for the SIMRET project
(Chapter 2)
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Figure 3.11: Bi (induced B-field due to eddy currents) as a percentage of the applied gra-
dient field of 500 mT/m for both the longitudinal and the transverse gradient coils (x- and
y-gradient coils) averaged in a FOV of 3 cm..
3.6 Conclusions
In this chapter, we investigated and reduced the induced magnetic field due to
eddy currents in a full heptagonal ring of collimators that has been developed for
a SPECT/MRI system. A numerical model of the x-, y-, and z-gradient coils with
different designs of the collimators was studied to investigate eddy currents in the
tungsten collimators due to the gradient fields for SPECT/MRI system. Simula-
tions were performed using a 3D electromagnetic simulator with a time analysis
tool. We made small modifications to the collimator’s design and surface and re-
duced the maximum induced magnetic field by 53.8 % and 48.2 % for longitudinal
and transverse coils, respectively, which results in an improved MR-compatibility.
We conclude that printed tungsten collimators are suited to be used for combined
SPECT/MRI systems. The final design presented in this chapter can be produced
using the promising technique of metal additive manufacturing.
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Part II
Patients Exposure to MRI
Gradient Fields

4
Numerical Modelling of Children and
Adults Exposure to Pulsed Gradient
Fields in MRI
4.1 Introduction
Interactions of the living tissue with MRI scanner can cause potential patient
risks [1–3]. Rapidly induced fields could stimulate nerves of the peripheral ner-
vous system [3, 4]. Nerve stimulation might interfere with the examination [5].
Therefore, the physiological limit of exposure to such fields should be based on
minimizing uncomfortable or intolerable sensation. Different guidelines and stan-
dards [5–7] suggest limits to mitigate these potential hazards. The IEC (2010) and
ICNIRP (2004) recommended a maximum exposure level be set to a time rate of
change of the magnetic field (dB/dt) or induced electric field (E) of 80% of the me-
dian perception threshold for peripheral nerve stimulation (PNS) for routine oper-
ation, and 100% of the median perception threshold for controlled operation [5–7].
Since the electric fields in tissue cause PNS and are practically difficult to be
measured in humans, it is therefore necessary to numerically simulate and evalu-
ate these fields. Such numerical simulations facilitates better understanding of the
PNS phenomenon in MRI and, therefore, allows for prevention of its occurrence
in subjects undergoing imaging without unnecessary restrictions placed on the
switching rates of gradient fields. Induced electric fields in tissues from switching
gradient coils have been computed in a few studies. Bencsik et al. [8] studied in-
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duced electric fields in spherical and cylindrical tissue models due to time-varying
gradient fields and highlighted the importance of both magnetic vector potential
and electric scalar potential in deriving the internal electric field. Similarly, Mao
et al. [9] reported calculations of the induced E-field within an anatomically re-
alistic body model within an x-gradient coil and highlighted the importance of
including the scalar potential associated with the windings of the coil, as well as
the effect of the presence of an RF shield. Forbes et al. [10] considered simpli-
fied cylindrical models of a body and gradient coil and used an exact solution
to Maxwell’s equations to predict the transient E-fields induced within the body
model by the rapid switching of current in the coil. Zhao et al. [11] described a
modified FDTD method that was applicable to simulating gradient field-induced
E-fields and induced currents within a human model. This technique was also
used by Brand and Heid [12] who simulated induced E-fields within three body
models: a homogeneous conducting rotational ellipsoid model, and two human
male models, one with homogeneous conductivity and the other with nonhomo-
geneous conductivity. Lu and Ueno [13] investigated exposure of a voxel adult
man model to gradient coils and compared result with the ICNIRP 1998 [14] ba-
sic restrictions. As reported, only simplified human models were used for these
investigations. However, since the human body size and tissues locations inside
the MRI coils are different between adult male, adult female and child models, the
choice of the human body model can have and important impact on the induced
electric field. On the other hand, other studies have investigated the exposure of
workers to pulsed gradients in MRI and showed that it is possible to induce elec-
tric fields/current densities above levels recommended by the standards when the
workers are standing close to the gradient coils [15, 16]
Another important issue, not considered in the PNS literature, is the modelling
of the skin in the low-frequency magnetic field exposure. Schmid et al. [17]
pointed out an obvious potential source of errors and uncertainties concerning
computations of induced electric field strengths inside skin tissue in the low fre-
quency range. It has been demonstrated that the conductivity values for skin ob-
tainable from the most widely used data bases of dielectric tissue properties are
not suitable for exposure assessment with respect to peripheral nerve tissue. De
Santis et al. [18] conducted a sensitivity analysis on the electro-geometrical pa-
rameters of human skin. First, a multi-layer canonical skin structure is modeled to
closely mimic the biological composition of the skin. An equivalent single-layer
skin model is then derived. They finally suggested the value of 0.2 S/m for the skin
conductivity.
The purpose of the present Chapter is to determine exposure of adults and
children in an MR scanner by evaluating the induced electric fields in realistic 3D
whole-body adult male, adult female, and child models within shielded whole-
body x-, y- and z-gradient coils and compare them with ICNIRP 2004, and IEC
CHILDREN AND ADULTS EXPOSURE TO PULSED GRADIENT FIELDS IN MRI 4-3
2010 guidelines. In Section 4.2, numerical simulations are carried out, using x-, y-
, and z-gradient coils with detailed anatomical human models consisting of male,
female and child human phantoms. The simulation platform was then validated
against analytically derived results. The methodology used to evaluate the induced
electric field in the human bodies were also detailed in Section 4.2. Sections 4.4,
4.5, and 4.6 are dedicated to the investigation of the effect of coils’ type, human
model type, and skin conductivity on the induced electric fields in fat and skin. In
Section 4.7, compliances with IEC2010 and ICNIRP2004 guidelines are investi-
gated and discussed. Finally, conclusions are drawn in Section 4.8.
4.2 Materials and Methods
4.2.1 Gradient Coils Models
Gradient coils and human bodies were modeled with a commercial software
package SEMCAD-X (SPEAG, Switzerland) [19]. The induced electric fields in
the human body were analyzed with the SEMCAD X magneto quasi-static solver.
Whole-body, symmetric shielded gradient transverse (x- and y-axis) and lon-
gitudinal (z-axis) coils [20] were used in this investigation to compute the current
densities and the electric fields induced in the body models. All three gradient
coils have approximately the same axial length of 1.4 m and the same diameter
of 0.6 m for the primary coils. With this axial length, the gradient coils would fit
inside most conventional MRI systems [15, 21]. Table 4.1 lists some coil parame-
ters while Figure 4.1 shows designs of the gradient coils. The gradient coils are fed
with pulsed sine currents of 1 kHz. A pulsed sine of 1 kHz represents the main fre-
quency of the echo-planar imaging sequences, which is one of the fastest imaging
sequences in clinical imaging. Since the induced currents is higher for faster pulse
sequences, a frequency of 1 kHz represents the worst case for the patient exposure
to induced electric filed (the highest values of the induced E-field). The diameter
of spherical volume (DSV) is given as the region where the gradient field is uni-
form to 5% peak-peak and is expressed as diameter in meters. The secondary coil
in Figure 4.1 is mainly used for shielding to reduce the magnetic field (generated
by the primary coil) outside the field-of-view (FOV).
Gradient coil
Primary coil
diameter (m)
Secondary coil
diameter (m)
Primary coil
length (m)
Secondary coil
length (m)
DSV
(m)
X 0.6 0.75 1.4 1.75 0.29
Y 0.6 0.75 1.4 1.75 0.27
Z 0.6 0.76 1.4 1.74 0.36
Table 4.1: Geometrical parameters of the transverse and the longitudinal gradient coils.
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Figure 4.1: a: Wire patterns for a: x-gradient coil, b: y-gradient coil, and c: z-gradient coil.
For transverse coils only one primary and one secondary layer is illustrated, while both are
plotted for the longitudinal gradient coil. Red and blue colors are used to indicate wires in
which there is a different sense of current flow (Source: Poole [20]).
4.2.2 Anatomical Models and Tissue Dielectric Properties
We used three human models (Figure 4.2) from the Virtual Population [22]:
Duke, a 34-year-old male (72 kg, 1.77 m); Ella, a 26-year-old female (59 kg,
1.63 m); and Billie, an 11-year-old girl (35 kg, 1.47 m). These anatomical mod-
els have been developed from high-resolution MRI data and consist of more than
80 tissues and organs [23]. The dielectric parameters of the tissues are set based
on the database developed by the IT’IS Foundation [23] mainly from the Gabriel
dispersion relations [24]. To further account for weighing outer and inner skin
layers, skin conductivity was set to 0.2Sm−1 [18].
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The human models were centered inside the gradient coils as shown in Fig-
ure 4.2. Uniform rectilinear meshes were applied to easily discretize the complex
anatomical models with a voxel size of 2 mm along x, y, and z direction. The
male, female, and girl body models were meshed approximately to 41.58 Mcells,
33.28 Mcells, and 25.95 Mcells, respectively.
Figure 4.2: Orthogonal views (front and side) of body model inside gradient coils. a, b:
Duke inside the x gradient coil. c, d: Ella inside the y gradient coil. e, f: Billie inside the z
gradient coil.
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4.2.3 Comparison with Analytical Solutions
We performed simulations to compare analytically derived results with simu-
lations results to validate the simulation platform. The numerical model is com-
posed of a homogeneous sphere (conductivity = 0.1Sm−1, radius = 0.25m) placed
symmetrically inside two concentric current loops forming a Helmholtz pair with
radius and center-center separation of 0.35 m (Figure 4.3). The two loops were
fed with a sinusoidal current of peak amplitude 1 A and the model was discretized
with a voxel size of 5 mm. The B-field, which has only a z-component in this
configuration, at a distance r off axis in the mid-plane, BHz is [25, 26]
BHz =
Iµ0
pia
√
((1 + α)2 + β2)
×
[
E(k)
1− α2 − β2
(1 + α)2 + β2 − 4α +K(k)
]
(4.1)
where I is the current in the loops, a is the radius of the loops, α = r/a, β =
d/a,k =
√
ar
a+r , r is the radial distance from the axis to the field measurement
point, 2d is the separation of the loops, µ0 = 4pi 10−7 H/m is permeability of
free space, and E(k) and K(k) are the complete elliptical integrals of the first
and second kind, respectively. Analytical formula of the current density within a
homogeneous sphere exposed to a time-varying uniform B-field is given by [26] :
J(r) = pifσBr (4.2)
where r is the radial distance (m), f is the frequency (Hz), B is the magnetic flux
density (T), and σ is the conductivity (Sm−1).
Figure 4.3: a: Homogenous sphere (conductivity 0.1 Sm−1) of radius 0.25 m positioned
symmetrically between two concentric current loops forming a Helmholtz pair. The radii of
the loops and their center-center separation were 0.35 m. b: Comparison of simulated and
analytically derived current density in z = 0 plane against the radial distance r in (m).
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4.2.4 Evaluation of the induced electric field
In MRI systems, the stimulus for PNS is mainly the electric field induced in the
patient by the changing magnetic field of the gradient system. Since the induction
is governed by Maxwell’s law, it is therefore influenced not only by the rate of
change of the gradient strength but also by patient size, position and conductivity,
as well as by the design of the gradient system [4]. To make a fair comparison
possible with the previous published works, all the simulations were performed
for 1 kHz sinusoidal current with a magnitude of 1 A in the longitudinal and the
transverse gradient coils. According to the ICNIRP 2004 on medical magnetic
resonance: protection of patients [5], population median rheobases for perception
without discomfort, uncomfortable sensation and intolerable sensation are equal
to 18.8, 28.3, and 36.9 T/s for the transverse coils, and 28.8, 44.0, and 59.8 T/s
for the longitudinal coil. The computed electric fields, at the time derivative of
the magnetic flux density rheobase (perception level without discomfort [5]), are
scaled, from the calculated field at 1 A and 1 kHz, as follows [27, 28]:
E = E1kHz
(dBdt )Rh
(dBdt )1A
(4.3)
Where E is the scaled electric field, E1kHz is the extracted field at 1 kHz, (dBdt )Rh
is the rheobase time derivative of magnetic flux assumed to be equal to 18.8 T/s
for x- and y-gradient coil, and equal to 28.8 T/s for z-gradient coil according to the
ICNIRP 2004 guidelines on medical magnetic resonance: protection of patients
[5], and (dBdt )1A is the time derivative of the magnetic field at 0.2 m off the coil
center for unit coil current through the coil as specified by the IEC 2010 [7] and is
equal to (for 1 kHz sinusoidal):
(
dB
dt
)1A = 2pi10
3Bmax,1A (4.4)
Bmax,1A is the maximum magnetic flux density for a 0.2 m radius cylinder with
unit current in the coil.
We used the ICNIRP 2010 [29] approach to determine the induced electric
field E(r0) at a location r0 as a vector average within a small contiguous tissue
cubic volume of 2x2x2 mm3 of the electric field E(r0). More specifically:
E(r0) =
1
V
∫
V
E(r)dv (4.5)
where 0 < V ≤ 8 mm3 is the volume of lossy tissue within the cube. We also used
the 99th percentile value of the electric field for a specific tissue as suggested by
the ICNIRP 2010.
The IEC:2010 60601-2-33 standard and the ICNIRP statement on medical
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magnetic resonance procedures: protection of patients (2004) prescribes the fol-
lowing limits related to PNS for the induced electric field in the normal operating
mode (L01) and in the first level controlled operating mode (L12):
L01 = 0.8 (2.2
V
m
)(1 +
0.36ms
ts,eff
) (4.6)
L12 = 1.0 (2.2
V
m
)(1 +
0.36ms
ts,eff
) (4.7)
Where ts,eff denotes the effective stimulus duration, which is defined as
ts,eff =
1
pif
(4.8)
for sinusoidal waveforms of frequency f . This leads to L01 = 3.8 V m−1 and
L12 = 4.7 V m
−1.
4.3 Verification of Low-Frequency Solver
Figure 4.3b shows the simulated and analytically-derived current density within
the homogenous sphere for different radial distances in z = 0 plane. Using
Eqs. (4.1) and (4.2), taking σ = 0.1S m−1, f = 1 kHz, it follows that the nu-
merical values simulated at 1 kHz deviate with 0.53 − 0.93% from the analytical
value. The applied numerical technique (low frequency solver in SEMCAD) was
then verified with an analytical solution for a conducting sphere centered inside a
Helmholtz coil. The simulated current density in the mid-plane (z = 0) at different
radial distances (from 0.01 m to 0.1 m) agreed with analytically-derived values
with deviation less than 1%. We observe that the simulated value tends to overes-
timate slightly the analytical value due to the spatial variation of the B-field pro-
duced by the Helmholtz pair (formula of Eq (4.2) assumed a time-varying uniform
B-field while the Helmholtz B-field started lacking its uniformity when the radial
distance r approaches 0.1 m for z = 0). The magneto quasi-static low-frequency
solver of SEMCAD and its use in exposure investigations was also verified in sev-
eral studies [9, 30].
4.4 Induced Electric Field: Effect of Coil Type
Table 4.2 shows the calculated electric field in fat and skin (where peripheral
nerves are located) for different coils, and Figure 4.4 shows the distribution of the
induced electric field. Several observations can be made based on the Table 4.2.
The induced electric field is higher in transverse coils (x and y gradient coils) than
in longitudinal coil (z gradient coil) despite stronger magnetic flux density pro-
duced by the longitudinal coil (e.g. Emax Duke, skin: 186 mV m−1, 197 mV
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m−1, and 143 mV m−1 for x, y, and z gradient coils, respectively). Results also
show that difference between transverse and longitudinal coil is more visible in
the Emax than in the E99% (difference of 18.5 % to 48 % for Emax compared
to a difference of 10.1 % to 16.7 % for E99%). The y-gradient coil induced larger
internal electric fields. This is due to larger body cross section intercepting the nor-
mal component of the magnetic flux density which is in agreement with previously
published works [27, 31].
Model Coil Tissue Emax (mV m−1) E99% (mV m−1)
x-coil Fat 242 94
Skin 186 85
Duke y-coil Fat 272 109
Skin 197 92
z-coil Fat 152 78
Skin 143 70
x-coil Fat 221 79
Skin 149 72
Ella y-coil Fat 248 86
Skin 172 84
z-coil Fat 139 63
Skin 133 60
x-coil Fat 179 59
Skin 116 57
Billie y-coil Fat 191 61
Skin 130 60
z-coil Fat 110 54
Skin 106 52
Table 4.2: Calculated electric fields (mV m−1) in fat and skin of the body models (1-A
current into coil at 1 kHz)
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Figure 4.4: Distribution of the internal electric field Ei (dB normalized to 272 mV m−1)
for different gradient exposure (from top to bottom : x, y, z, gradients coils) in the Duke,
Ella, and Billie models, in the coronal planes y = -0.0215 m, y = -0.026 m, and y = -0.015
m for Duke, Ella, and Billie, respectively.
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4.5 Induced Electric Field: Effect of Model Type
The influence of the body model is illustrated in Table 4.2 and Figure 4.4. It
is obvious from the table that the induced electric field is higher in Duke than in
Ella and Billie for x, y, and z gradient coils and that the maximum induced field
decreases with the decrease in the body size (e.g. E99% fat inside y-gradient coil:
109 mV m−1, 86 mV m−1, and 61 mV m−1 for Duke, Ella, and Billie, respec-
tively). Table 4.2 shows also that the difference between E99% of fat and skin is
tighter for Billie (child model) than for adult models. Localized high electric field
values occur at the periphery of the volume occupied by the human body, as illus-
trated in Figure 4.4.
From Faraday’s law, it follows that the largest values of circumferentially in-
duced electric fields normal to the direction of applied magnetic field will localize
in the outermost body surfaces [15]. The gradient fields are the largest in absolute
value near the coils which results in higher rate of change and thus, the induced
electric field through Faraday law will be maximum near the outermost body sur-
faces. It follows that the peripheral nerves in the skin are exposed to the strongest
electric fields.
Results show that the human body model and the body size in general, is a pri-
mary factor for the induced electric fields. The maximum induced field occurred
for the largest size of the body model (Duke). This behavior was also reported
in several studies of exposure to uniform magnetic field (see [32] for example).
Differences in shape and anatomy between the models are also a factor affecting
the induced field but remain less important than the size of the model. [33]
The electric field is greater in fat than in skin. This due to the conductivity
being lower in the fat compared to the skin (0.04 S m−1 for fat and 0.2 S m−1 for
skin), and was already explained and reported in several published research. Chen
et al [33] demonstrated that a high-low-high layered tissue conductivity transi-
tion can result in an enhancement of the induced E-fields in the less conductive
region as shown in Figure 4.5. The sphere represents a larger organ while the
dish layer represents a potential tissue-to-tissue interface with conductivity con-
trast. Conductivity values σ1 and σ1 are assigned to the sphere and the transition
layer,respectively. It is observed that the induced E-fields are significantly en-
hanced in the heterogeneous model compared to the homogeneous model. In our
case, the transition fo the E-field between high (skin conductivity of 0.2 S m−1)-
low (fat conductivity of 0.04 S m−1)-high (muscles conductivity of 0.32 S m−1)
conductivity transition can explain the highest induced E-field in the fat (region of
low conductivity).
Figure 4.4 indicates that the largest volumes of high intensity electric field are
in the torso and in the outermost body surfaces, which is the body region where
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the greatest number of stimulations were reported by the subjects [28].
Figure 4.5: Spherical canonical model with tissue transition layer of thickness d. (a) Model
configuration for a conductivity ratio of σ1:σ2 = 100:1 and uniform grid size of 0.5 mm, and
the E(average) distributions in (b) homogeneous model, (c) d = 2 mm, and (d) d = 10 mm.
(f) Schematic representation of the E-field and B-field showing E-field circulating the body
model and pass through the skin-fat-muscles interface normally. Figure adapted from [33]
4.6 Induced Electric Field: Effect of Skin Conduc-
tivity
Table 4.3 shows Emax and E99% for Duke inside x, y, and z gradient coils us-
ing the skin conductivity of 0.1 S m−1 and 0.2 S m−1. The peak-induced E-field
is higher for the skin conductivity of 0.1 S m−1 compared to the skin conductiv-
ity of 0.2 S m−1. This difference is highlighted in the Emax rather than in the
E99% value. The skin conductivity does not have a great impact on the induced
electric field for the 99% value (as an averaged value) which is in agreement with
the works of the De Santis et al. [18]. They reported that any value of the skin
conductivity between the range of 0.1-0.7 S m−1 will not considerably alter the
spatial average E-fields. However, the maximum electric field decreased with the
skin conductivity value. Table 4.3 shows that the E99% is higher for z-coil com-
pared to other coils (143 mV.m−1). This can be due to some singularity in the
E99% extraction.
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Model Coil Tissue Emax (mV m−1) E99% (mV m−1)
x-coil Skin (0.1 S m−1) 198 87
Skin (0.2 S m−1 186 85
Duke y-coil Skin (0.1 S m−1) 215 96
Skin (0.2 S m−1 197 92
z-coil Skin (0.1 S m−1) 154 143
Skin (0.2 S m−1 143 70
Table 4.3: Calculated electric fields (mV m−1) in fat and skin for Duke model using skin
conductivity of 0.1 S m−1 and 0.2 S m−1 (1-A current into coil at 1 kHz)
4.7 Compliance with the Guidelines
The calculated Bmax,1A is equal to 62.87 µT, 60.37 µT, and 84.39 µT, for x,
y and z gradient coil, respectively. The given flux density is the maximum value
within the volume of a cylinder with 0.2 m radius and a height of 0.2 m. Induced
electric fields are computed from Table 4.2 using Equation 4.3. Calculations are
summarized in Table 4.4. Table 4.4 shows that the Emax exceeds the standards
basic restrictions for all the models and the coils (5.5 Vm−1- 13.5 V m−1). The
E99% is within the normal operating mode guidelines for the child model inside
all the coils (2.7 V m−1 - 3 m−1) and the adult female inside x and z gradient
coils (3.3 V m−1 - 3.8 V m−1). The E99% exceeds the normal operating mode
guidelines but remains within the first level controlled operating mode for the adult
female model inside y-gradient coil (4.2 V m−1 - 4.3 V m−1), and the adult male
model inside x and z gradient coils (4.2 Vm−1 - 4.5 Vm−1). Only theE99% of the
Duke model inside the y-gradient coil exceeds the first level controlled operating
mode (E99% = 5.4 V m−1).
The induced electric fields for PNS computed in this Chapter are in the range of
2.7 Vm−1 - 5.4 Vm−1. These values are in agreement with published studies [27,
31]. In [31] , an averaged value of E = 4.2 Vm−1 was reported and estimated 2.9 V
m−1 - 5.8 V m−1 was reported in [27]. Compliance with the ICNIRP 2004 and
IEC 2010 guidelines for the normal operating mode (L01) guidelines was recorded
for the child model inside all the coils and the adult female inside x and z gradient
coils. Results for the adult female model inside y-gradient coil and the adult male
model inside x and z gradient coils exceeded the L01, but remained within the
first level controlled operating mode (L12). The E99% of the adult male model
inside the y-gradient coil exceeded the L01 and L12 by a factor of 1.38 and 1.1
respectively. We note that we have focused on the configuration of human bodies
centered with respect to the coils; the sensitivity of the PNS sensation thresholds to
the human body position was already investigated by [27, 28]. So et al. concluded
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that the position of the human body inside the coils influences the magnitude of
the induced electric field. The changes, however, are typically below 20% for most
measures and less than 5% for the average value of the electric field for a given
tissue in a given coil [27].
!
Model Coil Tissue Emax (mV m−1) E99% (mV m−1)
x-coil Fat 11.5 4.5
Skin 8.9 4
Duke y-coil Fat 13.5 5.4
Skin 9.8 4.6
z-coil Fat 8.3 4.2
Skin 7.8 3.8
x-coil Fat 10.5 3.8
Skin 7.1 3.4
Ella y-coil Fat 12.3 4.3
Skin 8.5 4.2
z-coil Fat 7.6 3.4
Skin 7.2 3.3
x-coil Fat 8.5 2.8
Skin 5.5 2.7
Billie y-coil Fat 9.5 3
Skin 6.4 3
z-coil Fat 6 2.9
Skin 5.8 2.8
Table 4.4: Induced electric fields (V m−1)
4.8 Conclusions
In this Chapter, we have modeled the exposures of male, female and child
patients to pulsed gradient fields typically used in MRI systems. These gradients
coils are intended to be models of currently available cylindrical MRI systems, but
we do not claim that we covered all gradient sets on the market and therefore we
provided indicative results only. The y-gradient tends to induce more fields in the
models than the other coils. The strongest levels of field exposure are observed
for the adult male inside the y-gradient coil. The internal electric fields, when the
patients are inside the gradient coils are within the first level controlled operating
mode of the ICNIRP 2004 and IEC 2010 guidelines, except for the adult male
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inside the y-gradient coil. Investigations such as these will help inform compliance
of clinical procedures.
4-16 CHAPTER 4
References
[1] John F. Schenck. Physical interactions of static magnetic fields with living
tissues. In Progress in Biophysics and Molecular Biology, volume 87, pages
185–204, 2005.
[2] Frank G. Shellock. Radiofrequency energy-induced heating during MR pro-
cedures: A review, 2000.
[3] D J Schaefer, J D Bourland, and J A Nyenhuis. Review of patient safety in
time-varying gradient fields. J Magn Reson Imaging, 12(1):20–29, 2000.
[4] J. P. Reilly. Peripheral nerve stimulation by induced electric currents: Expo-
sure to time-varying magnetic fields, 1989.
[5] ICNIRP. Medical magnetic resonance (MR) procedures: protection of pa-
tients. Health physics, 87:197–216, 2004.
[6] IEEE standard for safety levels with respect to human exposure to electro-
magnetic fields, 0-3 kHz, C95.6-2002, New York: Institute of Electrical and
Electronics Engineers; 2002:43).
[7] IEC (Edition 3.0 2010) 60601-2-33 Medical electrical equipment - Part 2-
33: Particular requirements for the basic safety and essential performance
of magnetic resonance equipment for medical diagnosis).
[8] Martin Bencsik, Richard Bowtell, and Roger M. Bowley. Using the vec-
tor potential in evaluating the likelihood of peripheral nerve stimulation
due to switched magnetic field gradients. Magnetic Resonance in Medicine,
50(2):405–410, 2003.
[9] Weihua Mao, Blaine A. Chronik, Rebecca E. Feldman, Michael B. Smith,
and Christopher M. Collins. Consideration of magnetically-induced and con-
servative electric fields within a loaded gradient coil. Magnetic Resonance
in Medicine, 55(6):1424–1432, 2006.
[10] L K Forbes and S Crozier. On a possible mechanism for peripheral nerve
stimulation during magnetic resonance imaging scans. Physics in medicine
and biology, 46(2):591–608, 2001.
[11] Huawei Zhao, Stuart Crozier, and Feng Liu. Finite difference time domain
(FDTD) method for modeling the effect of switched gradients on the human
body in MRI. Magnetic resonance in medicine : official journal of the Soci-
ety of Magnetic Resonance in Medicine / Society of Magnetic Resonance in
Medicine, 48(6):1037–42, 2002.
CHILDREN AND ADULTS EXPOSURE TO PULSED GRADIENT FIELDS IN MRI 4-17
[12] O Heid inventor. Siemens Aktiengesellschaft, assignee. Magnetic resonance
apparatus with compensation of fields arising due to eddy currents. US patent
6844733 B2, January 18, 2005.
[13] Mai Lu and Shoogo Ueno. Dosimetry of exposure of patients to pulsed gradi-
ent magnetic fields in MRI. In IEEE Transactions on Magnetics, volume 47,
pages 3841–3844, 2011.
[14] International Commission on Non-Ionizing Radiation Protection. GUIDE-
LINES FOR LIMITING EXPOSURE TO TIME-VARYING ELECTRIC,
MAGNETIC, AND ELECTROMAGNETIC FIELDS (UP TO 300 GHz).
Health physics, 75(5):535, 1998.
[15] Stuart Crozier, Hua Wang, Adnan Trakic, and Feng Liu. Exposure of work-
ers to pulsed gradients in MRI. Journal of Magnetic Resonance Imaging,
26(5):1236–1254, 2007.
[16] Yan Li, Jeff W Hand, Tim Wills, and Jo V Hajnal. Numerically-simulated
induced electric field and current density within a human model located
close to a z-gradient coil. Journal of magnetic resonance imaging : JMRI,
26(5):1286–95, 2007.
[17] Gernot Schmid, Stefan Cecil, and Richard Überbacher. The role of skin con-
ductivity in a low frequency exposure assessment for peripheral nerve tissue
according to the ICNIRP 2010 guidelines. Physics in Medicine and Biology,
58(13):4703–16, 2013.
[18] Valerio De Santis, Xi Lin Chen, Ilkka Laakso, and Akimasa Hirata. An equiv-
alent skin conductivity model for low-frequency magnetic field dosimetry.
Biomedical Physics & Engineering Express, 1(1):015201, 2015.
[19] SEMCAD X. Simulation platform for electromagnetic and thermal dosimetry,
Schmid & Partner Engineering AG, Switzerland. www.semcad.com. 2015.
[20] Michael Poole and Richard Bowtell. Novel gradient coils designed using a
boundary element method. Concepts in Magnetic Resonance Part B: Mag-
netic Resonance Engineering, 31(3):162–175, 2007.
[21] NHS Purchasing and Supply Agency. Report 06006 3T MRI Systems. 2007.
[22] Andreas Christ, Wolfgang Kainz, Eckhart G Hahn, Katharina Honegger,
Marcel Zefferer, Esra Neufeld, Wolfgang Rascher, Rolf Janka, Werner Bautz,
Ji Chen, Berthold Kiefer, Peter Schmitt, Hans-Peter Hollenbach, Jianxi-
ang Shen, Michael Oberle, Dominik Szczerba, Anthony Kam, Joshua W
Guag, and Niels Kuster. The Virtual FamilyâA˘Tˇdevelopment of surface-based
4-18 CHAPTER 4
anatomical models of two adults and two children for dosimetric simulations.
Physics in Medicine and Biology, 55(2):N23–N38, 2010.
[23] Hasgall P, Neufeld E, Gosselin M, Klingenbock A, and Kuster N. IT’IS
database for thermal and electromagnetic parameters of biological tissues.
2012.
[24] Gabriel C. Compilation of the dielectric properties of body tissues at RF
and microwave frequencies. Technical Report AL/OE-TR-1996-0037, Occu-
pational and Environmental Health Directorate. Radiofrequency Radiation
Division, Brooks Air Force Base, Texas. 1996.
[25] Montgomery DB and J Terrell. Some useful information for the design of air
core solenoids. National Magnet Laboratory, M.I.T. Report. AFOSR-1525.
1961.
[26] Smythe WR. Static and Dynamic Electricity, 2nd. page 266, 1968.
[27] Poman P M So, Maria A. Stuchly, and John A. Nyenhuis. Peripheral nerve
stimulation by gradient switching fields in magnetic resonance imaging.
IEEE Transactions on Biomedical Engineering, 51(11):1907–1914, 2004.
[28] Nyenhuis JA, Bourland JD, Kildishev A V, and Scaefer DJ. Health effects
and safety of intense MRI gradient fields. Magnetic Resonance Procedures:
Health Effects and Safety, 1st edition. 2001.
[29] ICNIRP. Guidelines for limiting exposure to time-varying electric and mag-
netic fields (1 Hz to 100 kHz). Health physics, 99(6):818–36, 2010.
[30] J F Bakker, M M Paulides, E Neufeld, A Christ, X L Chen, N Kuster, and G C
van Rhoon. Children and adults exposed to low-frequency magnetic fields at
the ICNIRP reference levels: theoretical assessment of the induced electric
fields. Physics in Medicine and Biology, 57(7):1815–1829, 2012.
[31] F. Liu, H. Zhao, and S. Crozier. On the Induced Electric Field Gradients in
the Human Body for Magnetic Stimulation by Gradient Coils in MRI. IEEE
Transactions on Biomedical Engineering, 50(7):804–815, 2003.
[32] Caputa K, Dimbylow PJ, Dawson TW, and Stuchly MA. Modelling fields
induced in humans by 50/60 Hz magnetic fields: reliability of the results and
effects of model variations. Phys Med Biol, 47:1391–1398, 2002.
[33] Xi-Lin Chen, Stefan Benkler, Nicholas Chavannes, Valerio De Santis, Jur-
riaan Bakker, Gerard Van Rhoon, Juan Mosig, and Niels Kuster. Analysis
of human brain exposure to low-frequency magnetic fields: A numerical as-
sessment of spatially averaged electric fields and exposure limits. Bioelec-
tromagnetics, 34(5):375–384, 2013.
Part III
Numerical Modelling of
Auricular Vagus Nerve
Stimulation

5
Numerical Modelling of Auricular
Vagus Nerve Stimulation
5.1 Introduction
The vagus nerve is the longest and most complex of the cranial nerves, in-
nervating organs of the thorax, neck, abdomen, and reaching the colon [1]. It is
an important component of the autonomic nervous system and plays a major role
in the regulation of metabolic homeostasis. Its sympathetic and parasympathetic
branch controls and regulates the function of various glands, organs, and invol-
untary muscles throughout the body [2]. Stimulation of the cervical vagus nerve
by implanted stimulation devices gained importance as a treatment for therapeu-
tic refractory epilepsy, major depression, and congestive heart failure [1, 3]. To
cope with the associated risks, less invasive techniques were developed. Those
include the percutaneous stimulation of the auricular branch of the vagus nerve
(pVNS) [4, 5]. By using needle electrodes in targeted regions of the auricle [6],
one can easily access these nerve branches [7]. By this, a minimally-invasive way
of neuromodulative intervention is available. Current clinical applications include
the treatment of chronic pain [8] or peripheral arterial disease (PAD) [9]. Spe-
cific stimulation of afferent vagus nerve fibers can activate autonomous modula-
tion [10]. Sympathetic and parasympathetic branches of the autonomic nervous
system modulate heart rate, blood pressure, or vascular tone [11]. A favorable
parasympathetic/vagal stimulation may thus downregulate vascular tone [2], in-
crease blood perfusion [9, 12], and downregulate inflammation [13, 14], all highly
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beneficial for instance in the treatment of PAD.
Main shortcoming of current applications in pVNS is the unguided/empirical
selection of both stimulation regions and parameters with unknown variation of the
therapeutic effect. However, high specificity of stimulation seems to be of huge
importance due to the dense innervation of the auricle with nerve fibers of differ-
ent origin [6], which all may react differently to stimulation and can elicit opposite
physiological reactions [15].
Simulations of electromagnetic fields excited in human biological tissue by
artificial neurostimulation exist in literature. However, these studies are limited
to the most common types of neurostimulation, e.g., for deep brain stimulation
[16, 17], spinal cord stimulation [18], peripheral nerve stimulation [19], and tran-
scranial magnetic stimulation [20, 21]. These studies provide us with a better
understanding of the electric potential and current distributions in the biological
tissues surrounding the stimulation electrodes. Some studies assume a simplified
neural network that distributes the axons uniformly around the stimulation elec-
trode with one and the same direction for all axons, see e.g., [22]. Using the
potential distribution, it is then possible to calculate which axons are effectively
stimulated. However, neural stimulation also heavily depends on the orientation
of the externally applied electric field with respect to the orientation of the axon.
Therefore, an improvement is to use the actual, often winding geometry of nerve
axons in the simulation, as given in e.g., [16, 23].
The goal of this chapter is to establish, a realistic model of the pVNS applica-
tion and investigate the effect of the electrodes’ depth and position, as well as the
stimulation pattern on the excitation threshold in single and bundled axons. To this
aim, numerical simulations are carried out, using a realistic high-resolution model
of a human ear including spatial model of major blood vessels and nerves. The
electric field distribution in the ear and its spatial derivative are then calculated
and the stimulation thresholds for each configuration is calculated and compared.
More specifically, we will use the titration mechanism (which consists of stimu-
lating the nerve with pulses of increasing amplitudes, to determine the threshold
above which an action potential is generated) to compared different stimulation
patterns and to asses the effect of the electrodes’ depth and position on the stim-
ulation thresholds. In Section 5.2, the simulation platform, numerical model, and
different configurations of the electrodes are described. We also verified the sim-
ulation model with analytical results using the myelinated nerve model. Section
5.3 is dedicated to the electric fields distribution in the ear and its spatial gradient
along the nerves. Section 5.4 presents results of the effect of different stimulation
patterns using mono-phasic, bi-phasic, anodic, and cathodic pulses. In Section 5.5,
the percentage of activated axons and stimulation thresholds to obtain 100 % axon
activation are presented for each axon population with discussion of the effect of
the electrode depth and position on the percentage of stimulated axons. Finally,
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conclusions are drawn in Section 5.6.
5.2 Materials and Methods
5.2.1 Simulation Platform
Numerical simulations of pVNS were performed in Sim4Life [28]. The grid-
ding was calculated using the stationary currents model of Sim4Life. The model
was meshed approximately to 4.105 Mcells. Boundary conditions are set using
Neumann conditions with a constant flux equal to zero (the derivative of a solution
is set to zero on the boundary of the domain) to simulate an infinite system. The
boundary settings of the electrodes are set using Dirichlet conditions (value of the
solution is set to a constant value on the boundary of the domain) with a constant
potential.
We performed all neuronal simulations using the neuronal tissue models from
Sim4Life. The models (T-NEURO) enable the dynamic modeling of EM-induced
neuronal activation and inhibition using either complex, multi-compartmental rep-
resentations of axons, nerves as bundles of axons, and neuronal networks with
varying channel dynamics, or generic models.
Sim4Life uses the NEURON solver (Yale University, CT, USA) to simulate the
effect of electromagnetic fields on neuronal dynamics. It offers the possibility to
directly couple the results of EM simulations with the neuronal dynamics solver.
The NEURON solver offers the possibility of an external modulating pulse a(t),
which can be superimposed on the static field calculated from the EM fields sensed
by the axon. Interaction of a nerve fiber or a neuron with an electromagnetic field
results in its membrane electrical activity modification. These changes, when ex-
ceeding the stimulation thresholds, can fire action potentials propagating along the
neuronal body. Several factors can be decisive for the neuronal response initiation.
The orientation, geometric configuration of a neuron within the EM field, and the
chosen transmembrane mechanism are key factors when considering the reaction
of the neuron to the EM fields. Rapid changes and inhomogeneity of the EM field
can result in high localized potential gradients along the nerve, which might results
in the membrane depolarization and action potential generation if the depolariza-
tion is of sufficient strength.
We used the titration mechanism to calculate the minimum voltage needed to
depolarize the axons. Titration is the process of stimulating an axon with a series
of pulses of increasing (or varying) intensity to find the threshold above which a
single action potential is generated, introducing an additional scaling factor that
is varied until a response is detected. The final threshold field is the product of
the static potential from the initial EM field φ, the modulating pulse a(t), and the
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titration factor T :
φT (t) = φ.T.a(t) (5.1)
T factor can be considered as scaling factor to indicate the proportion or multi-
ple of the actual modulated electric potential needed to generate an action poten-
tial. The fact that electrostatic equations are linearly separable into linear temporal
components and non-linear spatial components makes the titration approach valid
and suitable for the determination of axons’ activation thresholds. We used the spa-
tially extended nonlinear node (SENN) [25, 31] model for transmembrane mecha-
nisms to simulate the time-response of an axonal membrane to external fields.
5.2.2 Verification of the Neuronal Dynamics Solver
The objective of this section is to compare analytically derived results with
simulations to verify the neuronal dynamics solver. Our approach is to reproduce
results of the SENN neuro-electrical model described in [26]. The configuration
used in [26] includes a 20 µm fiber stimulated by a point electrode situated 2 mm
from the central node. The fiber is excited by a cathodic rectangular mono-phasic
current of 0.1 ms duration. The numerical model (Figure 5.1) is composed of a
line representing an axon placed 2 mm away from a point electrode situated in
a tissue simulating medium. The point electrode, tissue medium, and axon fiber
are represented by a sphere (0.1 mm radius), cube (10 mm side), and line (20
mm). The boundary settings of the electrode were set using Dirichlet conditions
with a constant potential of 1 V. Threshold for depolarization, temperature, initial
potential, axon diameter, and the nodal gap were set to 80 mV, 34 °C, -70 mV, 20
µm, and 2.5 µm, respectively. The axon was stimulated with cathodic rectangular
mono-phasic pulse (amplitude = -1 V, duration 0.1 ms).
Simulation results show that the first spike of the AP occurs at the axon central
node (the nearest node to the electrode, Figure 5.2) with a titration factor of 1.64.
To obtain the excitability threshold, we should first calculate the current applied to
the cellular membrane of the axon, which is calculated by integrating the current
density over a region of interest S
I(A) =
∫
s
JdS (5.2)
The current density J is related to the electric field by
J( A
m2
) = σE (5.3)
where σ is the electric conductivity of the medium. By integrating the current I at
the surface of a sphere of radius r, we obtain
I = 4.pi.r2.σ.E = 0.425mA (5.4)
NUMERICAL MODELLING OF AURICULAR VAGUS NERVE STIMULATION 5-5
Figure 5.1: Numerical set up used for the validation. The point electrode (reed sphere) is 2
mm from the axon.
Figure 5.2: Position of the central node and the next three nodes used to extract the action
potential.
The excitability threshold IT is then calculated using equation 5.1:
IT = I.T.a(T ) = 0.7mA (5.5)
The value of the excitability threshold IT is in a good agreement with the value of
0.68 mA published in [26]. Reilly et al. also reported that the AP started from the
axon central node, which is also the case for the simulated model.
Figures 5.3 and 5.4 show the response of the SENN model and the neuronal
dynamics solver to cathodic rectangular mono-phasic current of 0.1 ms duration.
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Solid lines, curves (a-c) in Figures 5.3 and 5.4, show the response at the central
node for three levels of current (0.8I , I , and 1.2I for a, b, and c). The vertical
axis applies to the transmembrane potential (Vn) relative to the resting potential as
used in [26]. Transmembrane potential of 0 V will then be considered equal to the
resting potential (-70 mV). Negative Vn indicate hyperpolarization while positive
values indicate depolarization. The horizontal axis indicates the time elapsed fol-
lowing the onset of the mono-phasic pulses of 0.1 ms duration. Solid lines, curves
(a-c) in Figures 5.3 and 5.4, show the action potential development at the first node
to be excited (the central node in Figure 5.2). The broken lines (d-f) show the AP at
the next three nodes in response to the pulse with threshold amplitude (next three
nodes in Figure 5.2). Curve (c) shows the AP at 20 % above threshold while curve
(a) is for the pulse at 80 % of the threshold amplitude. Curve (a) shows the AP
at the threshold current. Time delay between the nodes from simulations (Figure
5.4), indicates a propagation velocity of 47.6 m/s, which is in a good agreement
with the published value of 43 m/s in [26]. Comparison between Figure 5.3 and
Figure 5.4 shows a good agreement between the calculated results with the SENN
model in [26] and the simulated results provided by the neuronal dynamic solver.
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Figure 5.3: Response of SENN model to rectangular mono-phasic current of 0.1 ms du-
ration, 20 µm-diameter fiber, point electrode 2 mm from central node. Solid lines show
response at node nearest electrode for three levels of current. IT denotes threshold cur-
rent. Broken lines show propagated response at next three adjacent nodes for a stimulus at
threshold. (From Reilly et al. [26]).
Figure 5.4: Response of neuronal dynamics solver model to rectangular mono-phasic cur-
rent of 0.1 ms duration, 20 µm-diameter fiber, point electrode 2 mm from central node.
Solid lines show response at node nearest electrode for three levels of current. I denotes
threshold current. Broken lines show propagated response at next three adjacent nodes for
a stimulus at threshold.
5.2.3 Ear and Nerves Modelling
The system under investigation consisted of a realistic high resolution model of
a human ear (spatial resolution 3 mm), 3 electrodes, and a spatial model of major
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blood vessels and nerves. Locations of the electrodes are based on positions used
in clinical practice and on the innervation of the auricular branch of the vagus nerve
given in [6]. One electrode is considered as a reference (zero potential), while the
two other electrodes are considered as stimulating electrodes. Figure 5.5a shows a
schematic overview of the numerical model. The conductivity of the vessels was
set to 0.7 S/m [28] and the ear conductivity to 0.2 S/m based on a recent work of
Santis et al. [32]. The boundary settings of the electrodes were set using Dirichlet
conditions with a constant potential.
Figure 5.5: Numerical model of the pVNS application. (a) Scheme of the application. (b)
Auricle, vessels, nerves, and the electrodes. Vessels and nerves are inside the ear and not
on the surface of the ear. (c) Locations and shapes of the nerves. (d) Activation of the axon
population of N1 stimulated by anodic mono-phasic pulses. Dark color indicates inactivated
axons.
Figure 5.5b shows the locations of the vessels in the ear while Figure 5.5c
shows the locations and shapes of the nerves (N) and axons (A) inside the ear
model. Nerve1 (N1), nerve2 (N2), and nerve4 (N4) are branching nerves, while
axon3 (A3) and axon5 (A5) are non-branching single axons. Locations of the
vessels and nerves/axons are based on the vascularization of the auricle and the
nerve supply of the human auricle studied in [6, 33, 34]. In fact, distribution of
NUMERICAL MODELLING OF AURICULAR VAGUS NERVE STIMULATION 5-9
nerves and vessels in the auricle is highly individual, thus a typical distribution
was selected. The threshold for depolarization, temperature, initial potential, axon
diameter, and the nodal gap were set to 80 mV, 34 °C, -70 mV, 10 µm, and 2.5 µm,
respectively [35]. The axon diameter at node d and the internodal distance L are
related to the fiber diameter D by Eqs. 1.10 and 1.11 . Simulations were carried
out with realistic stimulation pulses [5]. Nerves were stimulated using two types of
pulses: anodic and cathodic single cycle mono-phasic (amplitude = 1 V, duration
1 ms) and bi-phasic (amplitude = ±1 V, duration 1 ms) pulses (Figure 5.6). This
amplitude of 1 V will be rescaled using the titration factor for each configuration
based on the Equation 5.1. For axon population simulations, 20 axons were defined
Figure 5.6: Mono-phasic and bi-phasic stimulation pulses.
from a rectangular seed region to form N1, N2, and N4; approximately 0.3 x 0.3
mm in size to generate a dense population of 60 axons in total (see Figure 5.5d).
This number of axons is based on the work of Safi et al [36] who counted the
numbers of thick myelinated Aβ-axons in the auricular branch of the vagus nerve.
Results of [36] are based on sixteen bodies (11 males, 5 females, median age
73 years, range 50-96 years). The auricular branch of the vagus nerve, cervical
vagus nerve, recurrent laryngeal nerve and thoracic vagus nerve were dissected
from embalmed bodies. Numbers and calibers of myelinated axons were analyzed
in semithin sections [36]. Vessels and nerves are just below the epidermis layer
of the skin. The epidermis thickness is about 0.07 mm at the thinnest parts of
the body (ear’s skin, eyelids) [37]. We then used a depth of 0.07 mm for the
nerves/vessels inside the ear. Point sensors for depolarization were placed each
1 mm for all the nerves/axons with respect to the used internodal distance of 1
mm. The SENN model judges that an excited state exists if a specified number of
contiguous nodes successively attains a depolarization value of 80 mV. Typically,
the specified number is three to demonstrate action potential propagation [35]. In
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our simulation, we check the AP propagation along all the branching nerves and
axons using the point sensors placed each 1 mm.
5.2.4 Electrodes’ Position and Depth
To investigate the effect of the needle penetration depth on the percentage of
activated axons, we varied the needle penetration depth of electrode1 (E1) and
electrode2 (E2) inside the ear from 1.5 mm to 0.8 mm in steps of 0.1 mm (see
Figure 5.7). The lateral position of the electrodes was also changed from the orig-
inal position by ±1 mm in the y and z directions, with a maximum of (±1 mm,
±1 mm). Here the needle penetration was kept at the maximum value, i.e., the
insulation layer was always in contact with the ear.
Figure 5.7: Scheme of the change in penetration depth and position with respect to the axon
bundle.
5.3 Electric Field Distribution
Figure 5.8 shows the resulting electric field distribution in dB normalized to
100 V/m. The E-field is directed from the anodic electrodes (E1 and E2, blue
electrodes at 1 V) to the reference electrode (green electrode at 0 V) with maxi-
mum values near the electrodes (99 V/m near the reference electrode, 82 V/m and
84 V/m near E1 and E2, respectively), and is penetrating inside the ear, vessels
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and nerves. Electric field distribution shows that higher electric field values appear
near the needle, which is due to the point effect on the needle. N4 branches are at
locations with higher electric fields values compared to the other nerves.
Figure 5.8: Electric field distribution, in dB normalized to 100 V/m. Blue electrodes have
a potential of 1 V. The green electrode is the reference (0 V).
Figure 5.9 shows the spatial distribution of the E-field and its first derivative
along N1, N2, and N4. The horizontal axis indicates the longitudinal distance
along the nerve’s branch triggering the first action potential. This Figure applies
to a cathodic monopolar stimulus electrode. For the anodic monopolar electrode
stimulus, the diagram in Figure 5.9 would be flipped around the horizontal axis.
Figure 5.9a shows that the electric fields reaches its maximum value (77 V/m)
at the point x = 4 mm. Figure 5.10, shows that the AP started at the bend point of
the nerve which is also the location of the maximum E-field. Thus bend-mode of
stimulation is the dominant mechanism of excitation for the nerve N1. The max-
imum positive value of the E-field for N1 in the anodic configuration is 35 V/m
at x = 3 mm(Figure 5.9 flipped around the horizontal axis) which is less than the
maximum value of 77 V/m for the cathodic stimulation. The spatial gradient of
the internal E-field reaches higher maximum values for the cathodic stimulation
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compared to the anodic stimulation for N2 (Figure 5.9e: 0.2 (x = 3.7 mm) and
0.1 (x = 4.5 mm) for cathodic and anodic, respectively), and the inverse is true for
N4 (Figure 5.9f: 0.74 (x = 5 mm) and 1 (x = 4.5 mm) for cathodic and anodic,
respectively).
Figure 5.9: Spatial distribution of E-field and its 1st derivative along N1, N2, and N4 (the
activated nerves). The 1st derivative was normalized to the maximum absolute value of the
N4’ 1st derivative.
5.4 Effect of the Stimulation Patterns
Table 5.1 lists the required pulse amplitude to activate the nerves/axons as a
function of the stimulation pattern. The voltage for each nerve/axon is related
to the anodic mono-phasic voltage, and ∆T is the percentage of the stimulation
thresholds related to the anodic mono-phasic voltage of each nerve/axon. Branch-
ing nerves (N1, N2, and N4) are considered activated when a single axon of
the nerve is activated and the generated action potential is propagated to all the
branches of the nerves (measured by extracting action potential and titration factor
in all the nodes of the nerve’s branches) [35]. For an amplitude of 1 V, the nerves
N1, N2 and N4 will be activated (generation and propagation of the action poten-
tial, threshold in Table 5.1 less than 1 V), while A3 and A5 require amplitudes of
14 V and 3.5 V, to be activated, respectively. A3 and A5 axons are on the back
of the ear and thus less exposed to the electric field generated by the electrodes
positioned in the front of the ear.
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Figure 5.10: Location of the node where the AP started for the N1 nerve. N1 was stimulated
with a cathodic mono-phasic pulse (amplitude = 1 V, duration = 1 ms). Distance between
two consecutive nodes is equal to 1 mm.
Table 5.1 shows that cathodic stimulation (indicated by a minus sign) requires
in general less amplitude compared to the anodic stimulation for N1 and N2 (ca-
thodic mono-phasic pulse requires -34% and -50% amplitude than the anodic
mono-phasic for N1 and N2, respectively) with higher difference between anodic
and cathodic fro N2 compared to N1. The anodic mono-phasic pulse is the pulse
requiring the least amplitude for N4. Stimulation was most effective using ca-
thodic pulses than anodic pulses for N1 and N2 while the inverse is true for N4.
This is explained by the spatial gradient of the E-field for N2 and N4 (for N2, the E
field is reaching higher maximum positive gradient for cathodic while the inverse
is true for N4). As discussed in section 5.3, N1 will have the excitation according
to the bend-mode. The maximum E-field for N1 occur for the anodic configura-
tion (35 V/m) which is less than the maximum value of 77 V/m for the cathodic
stimulation (Figure 5.9).
Concerning the most effective stimulation pattern, the bi-phasic pulses tend to
require less amplitude to activate the nerves/axons compared to the mono-phasic
pulses. This can be explained by the fact that the bi-phasic pulses combine anodic
and cathodic mono-phasic pulses, thus there is an additional chance for stimulation
at the phase reversal, especially with pulse durations longer than 0.5 ms. Results
of Table 5.1 show also that the stimulation thresholds for the bi-phasic pulses are
almost equal to the lowest threshold of the anodic and the cathodic mono-phasic
pulses for each nerve/axon [35].
N4 requires the least amplitude for the stimulation among all the nerves, which
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is explained by the highest value of the maximum positive value of the 1st deriva-
tive of E-field for the anodic stimulation (maximum 1st derivative of E-field for
N4 is 5 times higher than those of N1 and N2 in Figure 5.9) and also due to its
branches being at the location with higher electric fields values compared to the
other nerves branches (Figure 5.8).
Nerve/Axons Pulse type Threshold amplitude (V) ∆T in %
N1 Mono-phasic+ 0.77 -
Bi-phasic+ 0.49 -36
Mono-phasic- 0.51 -34
Bi-phasic- 0.5 -35
N2 Mono-phasic+ 0.88 -
Bi-phasic+ 0.41 -53
Mono-phasic- 0.44 -50
Bi-phasic- 0.42 -52
A3 Mono-phasic+ 14 -
Bi-phasic+ 6.02 -57
Mono-phasic- 6.02 -57
Bi-phasic- 6.16 -56
N4 Mono-phasic+ 0.22 -
Bi-phasic+ 0.22 0
Mono-phasic- 0.26 18
Bi-phasic- 0.21 -4
A5 Mono-phasic+ 3.5 -
Bi-phasic+ 3.78 8
Mono-phasic- 4.2 20
Bi-phasic- 3.43 -2
Table 5.1: Stimulation thresholds for each configuration and each nerve/axon.
+ refers to the anodic pulse, while - refers to the cathodic pulse. ∆T is the percentage of the
stimulation thresholds related to the anodic mono-phasic voltage of each nerve/axon.
5.5 Stimulation of the Axon Population
5.5.1 Map of Percentage of Stimulated Axons
Figure 5.5d shows an example of axon activation of N1 generated by an anodic
mono-phasic pulse (amplitude = 1 V, period = 1 ms), activating 70% of the axons
for the anodic mono-phasic pulse. Stimulation with a bi-phasic pulse (amplitude
= 1 V, period = 1 ms) results in a 100% axon activation in N1. Results also show
that a 9% higher amplitude is required for the anodic mono-phasic pulse to obtain
100% axon population activation of N1 than for the bi-phasic pulse.
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The axon population of N4 was 100% activated for both stimulating pulses.
95% and 100% axons of N2 were activated when stimulated by the anodic mono-
phasic and the anodic bi-phasic pulses, respectively. Results also show that 2%
more amplitude is needed for the anodic mono-phasic pulse to obtain 100% axon
population activation of N2.
The axon population of N1 needs slightly higher amplitudes to be 100% ac-
tivated due to the high sensitivity of the percentage of stimulated axons to the
electrode position, which will be detailed in the Section 5.5.3.
5.5.2 Effect of the Electrodes Depth
Figure 5.11 shows the percentage of the activated axons and the value needed
to obtain 100% activation for axon population in N1, N2, and N4 as a function of
the electrode depth (d) from 1.5 mm to 0.8 mm for anodic mono-phasic and bi-
phasic pulses. The voltage for each nerve is related to the value at 1.5 mm (initial
depth of the electrode) for each nerve.
The axon population of N4 is the most activated among the three sets of nerves
and the bi-phasic pulses require less amplitude to activate the axon population.
These observations are in coherence with results for single axons.
The axon population of N1 is the most sensitive to the electrode depth (max-
imum sensitivity of 9.8% per 0.1 mm for the 0.8 mm depth in Figure 5.11). We
note that 9.8 % in the percentage of axons corresponds approximately to 2 axons
out of 20 axons in each population. Results also show that 0% axon activation is
obtained for depths less than 1 mm for all the nerves and all the pulses.
No axon activation is registered for needle depths less than 1 mm for all the
pulses and nerves (Figure 5.11). This is due to the weak inner electric field, in
case that the needle does not penetrate the ear to a sufficient extent. This shows
the importance of the electrode penetration depth for nerve/axon activation. At
least 1 mm penetration depth should be kept to ensure complete nerve activation
with a value of 1.6 V pulse amplitude.
5.5.3 Effect of the Electrodes Position
Figure 5.12 shows the percentage of the activated axons and the value needed
to obtain 100% activation for the axon population of N1 as a function of the elec-
trode1 displacement with 1 mm in the y and z directions (y, z), as shown in Fig-
ure 5.7 for some displacements.
The percentage of activated axons is sensitive to the position of the electrode
with a maximum sensitivity of 15.5% for each 0.1 mm (positions: (-0.1, 0.1) and
(0.1, 0.1)). We note that 15.5 % in the percentage of axons corresponds approxi-
mately to 3 axons out of 20 axons in each axon population. Some electrode posi-
tions ((-0.1, -0.1), (0, -0.1), and (0.1,-0.1), Figure 5.7) provide a higher percentage
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Figure 5.11: Percentage of activated axons of N1, N2, and N4 and increase in the amplitude
needed to activate 100% of the axon population around each nerve, related to the value
needed for 100% axon activation for the 1.5 mm depth position for different electrode depths
(d). * Related to the value needed for 100% axon activation for the 1.5 mm depth position.
of activated axons than the original position, which can be used to further decrease
the pulse amplitude (Figure 5.12). At these positions, the electrode needles are
slightly closer to the axon population, exposing the axons to higher values of the
electric field. Stimulation thresholds and the percentage of activated axons are
sensitive to the electrodes’ position.
5.6 Conclusions
A realistic numerical model for pVNS application at the human auricle includ-
ing vessels and nerves was developed. The numerical model was used to investi-
gate the percentage of the activated axons with respect to stimulation waveform,
electrode depth, and electrode position. Results show that a cathodic bi-phasic
pulse, besides being charge balanced, is the pulse requiring the least amplitude to
activate the nerves. The feasibility and plausibility of the given model and tools
are demonstrated. However, the robustness of the model has to be checked in the
next chapters using sensitivity analysis of different model parameters as well as
experimental validation of the numerical approach (next chapter 6).
The simulations provide an impression in the field distribution and thus stress
the necessary accuracy while placing electrodes. The model explains physiological
findings in regions known to be innervated by more than one nerve. Furthermore,
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Figure 5.12: Percentage of axon activation and the amplitude needed for 100% axon acti-
vation for different positions of electrode1. These values are for axons of N1 stimulated by
the anodic mono-phasic pulse.
the model allows personalization of stimulation when supported by experimental
and clinical data. As the physiology of each patient is different to a degree, a typi-
cal distribution of the nerves and vessels was selected. Electrode-interface effects
were not modelled in this study and we used constant voltage simulation. Never-
theless, it is possible to gain useful information for the necessity of accuracy when
placing electrodes by evaluating simple nerve structures. In the next chapters, fur-
ther evaluation of the model will be assessed to investigate additional stimulation
patterns (tri-phasic pulses, pulses with equal energy) and burst stimulation as well
as the robustness of the model. Experimental pVNS validation of the set-ups from
numerical modelling and mutual optimization of the model and the experimental
setup will also be performed using clinical studies.
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6
Sensitivity Assessment of the pVNS
Numerical Model
6.1 Introduction
In the Chapter 5, a realistic numerical model for pVNS application at the hu-
man auricle including vessels and nerves was developed. The percentage of the ac-
tivated axons with respect to stimulation waveform, electrode depth, and electrode
position was investigated. Results show that a cathodic bi-phasic pulse was the
pulse requiring the smallest amplitude to activate the nerves. Chapter 5 provided
a better understanding of the electric potential and current distribution in tissues
surrounding the stimulation electrode. Quantitative sensitivity of the stimulation
thresholds and percentage of activated axons to the electrodes’ depth and position
was also investigated and reported. The feasibility and plausibility of the given
model and tools was demonstrated. However, a shortcoming of current clinical
applications of ABVN stimulation is the mostly empirical selection of both stim-
ulation regions in the ear and stimulation patterns with mostly unknown variation
of therapeutic/physiologic effects, which may lead to over-stimulation with unfa-
vorable recruitment of pain-related Aδ fibers or under-stimulation. Omnipresent
inter-patient variability is neglected, while safety margins when stimulating differ-
ent fibers are missing.
High sensitivity and specificity of stimulation is then of huge importance due
to the dense innervation of the auricle with various nerves [1]. By stimulation of
different nerves, opposite physiological reactions and an even adverse therapeutic
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outcome may be elicited. Thus, a sensitivity analysis of the numerical model is
an invaluable tool to better quantify the dependence of the numerical model de-
veloped in Chapter 5 to different parameters. Sensitivity analysis is used to link
the uncertainty in the model output to different sources of uncertainty in the model
parameters [2–5]. It is also used to identify the most contributing input parameter
and ascertain interaction effects within the model. Thus, we can achieve a better
model verification and understanding, factor prioritization, and model simplifica-
tion.
The objective of this chapter is to perform a sensitivity analysis of a numerical
model for pVNS. This chapter is structured as follows: we start by specification
of the input parameters range of values. Then we investigate effects of the axon
fiber diameter, number of axons, model temperature, ear conductivity, as well as
electrodes’ penetration depth and position on the stimulation thresholds for single
and bundled axons. The final goal is to identify and prioritize the most influential
parameters, identify non-influential parameters in order to fix them to nominal val-
ues, and map the output behavior as a function of the parameters by limiting the
input range values to a specific domain if necessary. In Section 6.2 the simulation
platform, overview of the updated numerical model, the methodology for sensitiv-
ity analysis and range values for the input parameters are described and provided.
In section 6.3 we start by describing the electric fields distribution in the ear with
comparison between electric fields values at the different nerves locations, then we
present results of the effect of the fiber diameter, SENN model temperature, and
the tissue conductivity on the stimulation thresholds for single nerves. In Section
6.4, the stimulation thresholds to obtain 100 % axon activation are presented for
the axon population with discussion of the effect of the fiber diameter, axon num-
ber, SENN model temperature, as well as the electrodes’ depth and position on the
amplitudes for 100% activation of the axon populations. Finally, conclusions are
drawn in Section 6.6.
6.2 Materials and Methods
6.2.1 Numerical Model
We used the Sim4Life platform [6] to conduct the numerical simulations. Elec-
tromagnetic simulations were performed using the low frequency solver. Neu-
ronal simulations were performed using the neuronal tissue models from Sim4Life.
Time-response of the axonal membrane potential to external injected currents was
simulated using the spatially extended nonlinear node (SENN) [7, 8] model. The
threshold amplitude of a pulse to depolarize the axons was calculated using the
titration mechanism. Details of the simulation platform can be found in Chapter 5,
Section 5.2.
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Figure 6.1 shows an overview of the updated numerical model. We used a real-
istic high resolution model of a human ear (spatial resolution 3 mm), 3 electrodes
(E1, E2, and reference electrode E3), and a spatial model of major blood vessels
and nerves. The conductivity of the vessels and ear was set to 0.7 S/m and 0.2 S/m,
respectively. Shapes and locations of the nerves (N) are shown in Figures 6.1b and
6.1c based on an exemplary nerve supply and vascularization of the human auri-
cle [1, 9, 10]. Stimulation was performed with a single mono-phasic voltage pulse
(amplitude = 1 V, anodic pulse, duration 1 ms) and bi-phasic voltage pulse (ampli-
tude = ± 1 V, anodic phase precedes cathodic phase, total pulse duration = 1 ms),
as in Chapter 5. A number of axons was defined from a rectangular seed region
close to stimulation electrodes to generate an axon population composing nerves,
based on the axon count used for the sensitivity analysis. According to [11] a space
equal to the diameter of a single axon is modelled between two adjacent axons to
simulate a dense axon population.
Figure 6.1: Numerical model of the pVNS application. (a) Scheme of the application. (b)
Auricle, vessels, nerves, and the electrodes. Vessels and nerves are inside the ear and not
on the surface of the ear. (c) Locations and shapes of the nerves. (d) Detail of the axon
population N2 and Electrode 2.
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6.2.2 Sensitivity Assessment of the Numerical Model
Sensitivity analysis of the numerical model parameters is critical to the model
robustness and validity. It also serves to guide future research on the most influ-
ential of these factors. The method used to assess the sensitivity of the numerical
model to parameters’ fluctuation and uncertainty, is to repeatedly change one pa-
rameter at a time while keeping the others fixed (at an average value). We increase
the parameter by a given step and we observe the change in the model output,
which is the stimulation threshold for single axons and the stimulation threshold
for 100% recruitment volume for the whole axon population [3]. A sensitivity in-
dex (SI) is calculated (as absolute percentage value) for each parameter as follows:
SIparameter = 100
Omax −Omin
Omax
(6.1)
Where Omin and Omax are minimum and maximum output values, respectively,
resulting from changing the respective input over its selected range. The output
values are defined as the stimulation threshold for single axons and the stimulation
threshold for a 100% activation of an axon population. The largest SI values cor-
respond to a high degree of sensitivity of the output values to the given input. This
figure of merit represents a good quantification of parameter model and variabil-
ity [3].
Two more quantifications were used for the variation of the stimulation thresh-
olds to achieve 100% axon activation: relative variation of the stimulation thresh-
olds compared to an average value (∆B) and relative variation between the thresh-
olds of two adjacent inputs (∆) adjusted to the difference between the input values.
∆B = 100
Oj −OB
OB (ij − iB) (6.2)
∆ = 100
Oj −Oj+1
Oj (ij − ij+1) (6.3)
Where OB , Oj and Oj+1 are the stimulation thresholds to achieve 100% axon
activation for the average (iB), the jth (ij) and (j + 1)th (ij+1) input value, re-
spectively. These two quantities show the variation in the stimulation threshold
compared to a reference value and between thresholds of two consecutive inputs.
The investigated parameters include: axon fiber diameter, number of axons, SENN
model temperature, ear conductivity, as well as electrodes’ penetration depth and
position. For each of these parameters, a range of values was determined from
literature:
• Table 6.1 shows the number of myelinated axons with diameter ≥ 7 µm of
the auricular vagus nerve branch in the left and the right ear [12]. The ABVN
axons are Aβ axons, and thus have diameters from 7 µm upwards [12].
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These values were calculated using 16 bodies: 5 females, 11 males, range
50-96 years, and median age 73 years.
• Table 6.2 shows the average number of myelinated axons in the left and
right ABVN for different axons with a diameter higher than 7 µm [12]. For
each defined axon diameter and number of axons, a rectangular seed region
of the axon population is defined with a calculated size of the seed region.
Chaturvedi et al. [11] left approximately a diameter of an axon between each
two axons to simulate a dense population in the brain. We used the same
approach to generate a dense population around each of the two electrodes
for each number of axons with a defined axon diameter.
• Model temperature was changed based on recent clinical investigation of the
variation in normal ear temperature. Ear temperature was measured in 2006
individuals (38.3% males) [13]: 683 children 2-4 years, 492 adolescents
10-18 years, 685 adults 19-65 years, and 146 elderly 66-89 years. Mean
temperature was 36.5 ±1 0.5°C in adolescents, 36.1 ±1 0.5°C in elderly,
36.3 ±1 0.6°C in men, and 36.5 ±1 0.5°C in women [13].
• The ear conductivity was changed from 0.1 S/m to 0.7 S/m [14].
• The needle penetration depth of E1 and E2 inside the ear was changed from
1.5 to 0.8 mm in steps of 0.1 mm [15].
• The lateral position of the electrodes (E1 and E2) was also changed from the
original position by ±0.1 mm in the y and z directions, with a maximum of
(±0.1, ±0.1) mm [15].
Table 6.3 summarizes the range, average (AV), and step of incrementing for each
parameter.
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Axon Count
Left ABVN Right ABVN
133 102
44 55
32 108
81 58
89 110
64 65
29 107
46 23
59 21
Table 6.1: Number of myelinated axons ≥ 7µm in diameter of the left and right auricular
branch of the vagus nerve (ABVN), taken from [12].
Axon diameter (µm) Axon Count
Left ABVN Right ABVN
7 14.25 20
7.5 11.5 13
8 10.75 11.5
8.5 8 7
9 4 6.25
9.5 3.25 3.25
10 4 3.5
10.5 2 2.5
11 1.5 1.25
11.5 1 1
12 1 1
Table 6.2: Number of myelinated axons in the left and right auricular branch of the vagus
nerve (ABVN) for axon diameters ≥ 7µm, extracted from [12].
6.3 Sensitivity of the Stimulation Thresholds for Sin-
gle Nerves
Table 6.4 summarizes the sensitivity indices for all investigated parameters. In
the following sections, the electric field distribution in the ear will be investigated
and the different sensitivity indices will be discussed and compared.
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Parameter Range AV Step Reference
Number of axons 21-133 68 18 [13]
Axon fiber diameter (µm) 7-12 8 0.5 [13]
Model temperature (°C) 35.6-37 36.3 0.2 [14]
Ear conductivity (S/m) 0.1-0.7 0.4 0.1 [15]
Electrode penetration depth (mm) 0.8-1.5 * 0.1 [12]
Electrode position (mm) (0.1, 0.1) 0 0.1 [12]
Table 6.3: Range, average (AV), and the incrementation step for each parameter used in the
sensitivity analysis
Parameter SI (%)
Diameter of axon (N1, single axon) 13
Diameter of axon (N2, single axon) 17
Temperature (N1, single axon) 0.9
Temperature (N2, single axon) 0.7
Ear conductivity (single axons) 0.1
Diameter (nerve population, mono-phasic) 14
Diameter (nerve population, bi-phasic) 13
Number of axons 18
Temperature (nerve population) 0.7
Electrode penetration depth (nerve population) 22.3
Electrode position (nerve population) 6.5
Table 6.4: Sensitivity index (SI) for the respective input parameters.
6.3.1 Electric Field Distribution
Figure 6.2 shows the electric field distribution. The E-field is directed from
the anodic electrodes (E1 and E2 at 1 V) to the reference electrode (E3 at 0 V).
Vessels and nerves near E2 are more exposed to the electric fields than those in
the E1 region. Maximum field values occur near the electrodes (89 V/m near E1
and 98 V/m near E2), and are penetrating inside the ear, vessels and nerves. N2
branches are in locations with higher electric field values compared to branches of
N1.
6.3.2 Effect of the Fiber Diameter
Figure 6.3 shows the effect of the fiber diameter on the stimulation thresholds
for N1 and N2. The axon fiber diameter was changed from 7 µm to 12 µm in steps
of 0.5 µm. Results show that the stimulation thresholds decrease with increasing
fiber diameter. Bi-phasic pulses require slightly less amplitude to stimulate the
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Figure 6.2: Electric field distribution, in dB normalized to 100 V/m. Electrodes 1 and 2 at
1 V, reference electrode at 0 V. Electrodes completely inside the ear (electrode penetration
depth 1.5 mm).
nerves than the mono-phasic pulses (0.24%-0.88% and 0.28%-2.54% less for bi-
phasic for N1 and N2, respectively). N2 is stimulated with lower amplitudes than
N1 for the two types of pulses (with a fiber diameter of 8 µm for example, the
stimulation thresholds are: 0.89 V and 0.88 V for N1 and 0.82 V and 0.80 V
for N2). The sensitivity index for this parameter and for each configuration is
in average equal to: SId,axon1 = 13 % and SId,axon2 = 17 % for N1 and N2,
respectively. N2 is more sensitive to the axon fiber diameter.
6.3.3 Effect of the Model Temperature
Figure 6.4 shows the effect of the temperature on the stimulation thresholds for
N1 and N2. The SENN model temperature was changed from 35.6 ° C to 37 ° C
in steps of 0.2 ° C. Simulations were performed using the axon diameter of 8 µm.
Results show only small impact of the temperature on the stimulation threshold
for this range of values (0.9% and 0.7% change over the entire temperature range
for N1 and N2, respectively). Changes in stimulation thresholds occurred only for
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Figure 6.3: Effect of the axon fiber diameter on the stimulation thresholds for N1 and N2.
35.6 ° C (0.7%) and 37 ° C (0.4 %) for N2. Stimulation thresholds were more
irregular over the temperature range for N1 than N2 (3 changes in the stimulation
thresholds for N1 compared to one change for N2). The sensitivity index for this
parameter for each configuration is equal to: SIT,axon1 = 0.9 % and SIT,axon2 =
0.7 % for N1 and N2, respectively.
Figure 6.4: Effect of the temperature on the stimulation thresholds for N1 and N2.
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6.3.4 Effect of the Tissue Conductivity
Figure 6.5 shows the effect of the ear conductivity on the stimulation thresh-
olds. Only a very small change in the stimulation thresholds occurred (0.11% over
the entire range 0.1-0.7 S/m). The sensitivity index for this parameter is equal to:
SIconductivty = 0.1 % for mono-phasic and bi-phasic configurations. Lower val-
ues (not shown here) was found for the effect of the vessels conductivity on the
stimulation thresholds.
Figure 6.5: Effect of the ear conductivity on the stimulation thresholds for N1 and N2.
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6.4 Sensitivity of the Percentage of Stimulated Ax-
ons
6.4.1 Effect of the Fiber Diameter
Figure 6.6 shows the amplitudes needed to obtain 100% activation for an axon
population in N2 as a function of the axon fiber diameter from 7 µm to 12 µm
in steps of 0.5 mm. ∆B and ∆ refer to the relative variation compared to the av-
erage value (8 µm) and between two adjacent diameters, respectively. The figure
shows decreasing stimulation thresholds as a function of the axon fiber diameter
for mono-phasic and bi-phasic pulses. Maximum deviation from the average value
and between two adjacent diameters (5.88%) was obtained for the fiber diameter of
8.5 µm. ∆ is equal to zero for the last input value (no consecutive value to compare
with) The sensitivity index for this parameter is equal to: SId,population1 = 14 %
and SId,population2 = 13 % for mono-phasic and bi-phasic configurations, respec-
tively.
Figure 6.6: Effect of the axon fiber diameter on the stimulation thresholds for the axon
population around N2. ∆B and ∆ refer to the relative variation compared to the average
value (8 µm) and between two adjacent diameters, respectively.
6.4.2 Effect of the Axons Number
Figure 6.7 shows the amplitudes for 100% activation of the axon population in
N2 as a function of the axon number from 21 to 133 in steps of 18 (half the standard
deviation of the axons number range). ∆B and∆ refer to the relative variation com-
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pared to the average value (68 axons) and between two adjacent numbers, respec-
tively. The stimulation thresholds increase as a function of the number of axons.
Mono-phasic pulses require slightly higher amplitudes than bi-phasic pulses (1%-
1.94% less for bi-phasic pulses). Maximum deviation from the average value (68
axons) and between two adjacent diameters was obtained for 57 axons (0.27 %).
The sensitivity index for this parameter is equal to: SInumber,population = 18 %
for mono-phasic and bi-phasic configurations.
Figure 6.7: Effect of the axon numbers on the stimulation thresholds for the axon population
around N2. ∆B and ∆ refer to the relative variation compared to the average value (68) and
between two adjacent diameters, respectively.
6.4.3 Effect of the Model Temperature
Figure 6.8 shows the effect of the temperature on the stimulation thresholds
for the axon population in N2. Temperature was changed from 35.6 ° C to 37 ° C
in steps of 0.2 ° C. We used 68 axons with a diameter of 8 µm. As seen in the
results for single axons, the effect of temperature is less significant than the axon
diameters’ effect (SI of 14% and 0.7% for axon diameter and temperature, re-
spectively). The threshold was almost stable in the whole range except for the
change at 35.8 ° C and 36 ° C. The sensitivity index for this parameter is equal to:
SIT,population = 0.7 % for both mono-phasic and bi-phasic configurations.
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Figure 6.8: Effect of the temperature on the stimulation thresholds for the axon population
around N2. ∆B and∆ refer to the relative variation compared to the average value (36.3 ° C)
and between two adjacent diameters, respectively.
6.4.4 Effect of the Electrodes’ Penetration Depth
Figure 6.9 shows the effect of the electrodes’ depth on the stimulation thresh-
olds for the axon population in N1 and N2. Simulations were performed using an-
odic and cathodic mon-phasic pulses. E1 and E2 penetration depth were changed
from 1.5 mm to 0.8 mm inside the ear with a step of 0.1 mm. Anodic stimu-
lations require higher amplitudes than cathodic stimulations (ratio of stimulation
threshold for anodic to cathodic (P ) is between 1.3 and 1.4 for N1 and N2, Fig-
ure 6.9 ). The sensitivity index for the E1’s depth is equal to 20.1% and 21.5% for
anodic and cathodic stimulation, respectively. For the E2’s depth, the sensitivity
index is equal to 24% and 23.8% for anodic and cathodic stimulation, respectively.
This yields to an average value for the sensitivity index of the electrodes’ depth of
SIdepth,population = 22.3 %.
6.4.5 Effect of the Electrodes’ Position
Figure 6.10 shows the stimulation thresholds for 100% axon activation for N1
and N2 as a function of the electrodes’ position with± 0.1 mm displacements. For
each electrode, some positions provide lower stimulation thresholds than the orig-
inal position (positions (0.1, 0.1), (0, 0.1) and (0.1, 0) for E1. Positions (0, -0.1),
(-0.1, 0) and (-0.1, -0.1) for E2). The sensitivity index for the E1’s position is equal
to 4.7% and 7.3% for anodic and cathodic stimulation, respectively. For the E2’s
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Figure 6.9: Effect of the electrodes’ penetration depth on the stimulation thresholds for
100% axon activation using anodic and cathodic mono-phasic pulses.
position, the sensitivity index is equal to 6.1% and 7.9% for anodic and cathodic
stimulation, respectively. This yields to an average value for the sensitivity index
of the electrodes’ position of SIposition,population = 6.5 %.
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Figure 6.10: Effect of the electrodes’ position on the stimulation thresholds for 100% axon
activation using anodic and cathodic mon-phasic pulses.
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6.5 Discussion
The temperature and ear conductivity are the non-influential parameters in the
specified range of values. Maximum change in the stimulation threshold is equal
to 8 mV (0.9 %) and 1 mV (0.1 %) over the entire range for the temperature and
ear conductivity, respectively. The electrodes’ position is a more influential pa-
rameter with an SI equal to 6.5% over the entire range and less than 7 mV for
0.1 mm shift in the electrodes’ position. The number of axons seems to be more
influential parameter than the axon diameter (18% is the maximum change in the
stimulation threshold for 100% axon activation over the entire range). However,
this parameter has a wider range of values than the axon diameter (number of ax-
ons is in the range 21-133 while the axon diameter is from 7 µm to 12 µm). If we
adjust the SI with the range of values for each parameter, the axon number sen-
sitivity will become 1.5 mV for each axon and 25.6 mV for each 1 µm diameter.
The frequency distribution of the axon fiber diameters from 7-12 µm shows, that
more than 60% of the ABVN axons have a diameter between 7 µm and 8 µm [12].
In this range, the maximum variation in the stimulation threshold for 100% axon
activation is 32 mV for each 1 µm diameter. The electrodes’ penetration depth is
the most influential parameter with a maximum variation of 38 mV for each 0.1
mm penetration depth. Clinical data show that 38 mV is a rather small voltage
change. Stimulations are typically applied with several 100 mV up to several V. In
some cases steps of approximately 50 mV can be perceived by the patients.
In the following sections, the influence of different parameters on the stimula-
tion thresholds will be discussed based on the results of Sections 6.3 and 6.4
6.5.1 Tissue Conductivity
In the range of interval between 0.1 S/m and 0.7 S/m, the ear conductivity has
the lowest effect on the stimulation thresholds among all the parameters (change
of 0.1% over the entire range of 0.1-0.7 S/m). In fact, as suggested by de Santis
et al. [14], any value of the skin in the range 0.1-0.7 S/m will not considerably
alter the E-fields. Works on the effect of skin conductivity in a low frequency
exposure assessment for peripheral nerve tissue [16] show that the choice of skin
conductivity affects the induced electric field, resulting in an increasing factor of
three in the induced electric field when using a skin conductivity of 0.0002 S/m
instead of 0.1 S/m. However, since the ratio of maximum to minimum values
in [16] is two orders higher than in our study, we expect the induced electric field
to change a way less in our study compared to [16]. The effect of skin conductivity
on the induced electric field for peripheral nerve exposure was also investigated in
Chapter 4 using a skin conductivity of 0.1 S/m and 0.2 S/m. Results of the study
in [17] show maximum changes in the electric field of 4%. However, the values
reported in [17] concern the maximum (99% value) induced electric field for an
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adult model completely inside shielded whole-body x-, y-, and z-gradient coils.
Furthermore, the ear conductivity is less likely to change a lot in the range of 0.1-
0.7 S/m between individuals. Thus, dielectric properties of the ear have no effect
on the stimulation thresholds and the axons’ recruitment volume.
6.5.2 Fiber Diameter and Number
Results of Sections 6.3.2 and 6.4.1 show decreasing stimulation thresholds
with increasing axon fiber diameter (a decrease of 17% over the entire range of
7-12 µm for N2). Examination of equations 1.7, 1.8 and 1.9 shows that the three
components Ga, Gm, and Cm are proportional to fiber diameter d (Ga ∝ d since
L ∝ d) [8]. Since Ga, Gm, and Cm occur only in the transmembrane voltage
equation 1.12 as ratios, changes in axon fiber diameter affect the solution only
through its relation to the internodal distance L. The only effect of the changing
axon diameter is then in the calculation of the external potential at the nodes. The
induced voltage along the nodes and thus the associated transmembrane voltage
will be decreased quite considerably for the 7 µm axon diameter compared to the
12 µm axon diameter since the internodal distance L is greater in the latter case.
Thus, the excitability will be decreased for the axons of lower diameter.
Results of Figure 6.7 show that the stimulation thresholds increase with in-
creasing number of axons. By increasing the number of axons, we also increase
the size of the axon population region and we expand the location of the axon pop-
ulation. Some axons will then be located in regions of lower electric fields or lower
spatial gradient of the E-field along the axons. By increasing the size of the axon
population region, we are more likely to find axons in different E-field iso-layers
which will cause the differences between the axons’ stimulation thresholds.
6.5.3 Stimulation Waveform
Bi-phasic stimulation requires slightly less amplitude to stimulate the nerves
than the mono-phasic pulses. This indicates that bend-mode and end-mode stim-
ulation may dominate as well as that the single phase duration is sufficiently long
for excitation to develop. The axon population around N2 was slightly more sensi-
tive in the mono-phasic configuration than in the bi-phasic configuration. Similar
behavior was also recorded in Chapter 5 and explained by the additional chance for
stimulation at the reversal phase for the bi-phasic pulses compared to the mono-
phasic pulses [15]. Since cathodic stimulation has lower thresholds than anodic
stimulation (in the straight-mode stimulation), the varying polarity of stimulus (bi-
phasic stimulus) increases the probability of firing in comparison with the constant
polarity (mono-phasic stimulus). N2 was activated with lower amplitudes than N1
using both mono-phasic and bi-phasic patterns. This is due to its branches being
at the location with higher electric field values compared to the branches of N1
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(Figure 6.2). N2 was more sensitive to the axon fiber diameter than N1. This can
be explained by its exposure to higher electric field values, thus the effect of small
changes in the axons diameter can be enhanced by these higher values of E-fields.
However, due to the decreasing behavior of the plots in Figure 6.3, one can see that
SI depends only on the stimulation thresholds for 7 µm and 12 µm. Thus, SI will
mostly reflect changes occurring between these two edges of the axon diameter
interval. Results of Figures 6.9 and 6.10 show that cathodic stimulation requires
less amplitude to activate N1 and N2 axon population using mono-phasic pulses.
This effect was also reported in the previous Chapter (Chapter 5) and several other
studies [18]. This is due to lower maximum values of the E-field gradient along
the axon for anodic stimulation compared to the cathodic one [15]. The value of
the polarity ratio P is in agreement with various human perception experiments [7]
where P is typically in the range of 1.25-1.5.
6.6 Conclusions
A sensitivity analysis of a realistic numerical model for a pVNS application
was performed. The numerical model was used to investigate the excitation thresh-
old in single and bundled axons with respect to the axon fiber diameter, axon num-
ber, SENN temperature, electrodes’ penetration depth and position, and the ear
conductivity. Results show that the stimulation thresholds increase with increas-
ing number of axons and decreasing axon fiber diameter. Bi-phasic stimulation
requires slightly lower amplitudes to stimulate the nerves than the mono-phasic
stimulation. SENN model temperature and the ear conductivity effect are negli-
gible compared to the effect of the axon fiber diameter and the electrodes’ pene-
tration depth. The electrodes’ penetration depth is the most influential parameter
with maximum sensitivity of 38 mV for each 0.1 mm and bundled axons.
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Part IV
Conclusions

7
Conclusions and future research
This chapter summarizes the main achievements and conclusions obtained dur-
ing this thesis. Furthermore, some opportunities for future research are mentioned.
7.1 Conclusions
Several topics related to the numerical modelling and optimization of differ-
ent medical applications were studied in this dissertation. First, we investigated
the induced eddy currents in SPECT/MRI systems using different arrangements
of the SPECT collimators as well as new collimators’ design strategies, including
slit-slats, material reduction and z-shaped designs. Second part of this dissertation
was dedicated to exposure assessment of adults and children in an MR scanner.
We evaluated the induced electric fields in realistic 3D adult male, adult female,
and child models within shielded whole-body x-, y-, and z-gradient coils and com-
pared them with ICNIRP 2004, and IEC 2010 guidelines. Effect of the coils’ and
models’ type, as well as the skin conductivity on the induced E-fields was investi-
gated and discussed. The last part presented numerical modelling of the auricular
branches vagus nerve stimulation (ABVNS). We established, a realistic model of
the ABVNS application and investigated the effect of the electrodes’ depth and
position, as well as the stimulation pattern on the excitation threshold in single and
bundled axons. We then, performed a sensitivity analysis of this numerical model
by investigating effects of the axon fiber diameter, number of axons, model tem-
perature, ear conductivity, as well as electrodes’ penetration depth and position on
7-2 CONCLUSIONS AND FUTURE RESEARCH
the stimulation thresholds for single and bundled axons.
In Chapter 1, we started by an overview of the medical imaging technologies
with an emphasize on the magnetic resonance imaging technology. We explained
the nuclear magnetic resonance principle used to acquire anatomical diagnostic
images, then we introduced the main parts of an MR system (strong magnet, gradi-
ent system, and RF coils) with description of each MR system component. Safety
considerations of patients in MRI systems was then investigated based on the IEC
2010 and ICNIRP 2004 guidelines. The normal operating mode and the first level
controlled operating mode was detailed with the requirements that should be re-
spected for each operating mode. Finally, the main parts of the nerve cell structure
and function was presented along with the SENN model for myelinated nerve reac-
tion to the electrodes’ stimulations, including the transmembrane voltage equation
along with the different SENN model parameters.
In Chapter 2, a numerical modelling of the transverse and longitudinal coils
with different arrangements of the collimators was performed to investigate the
induced eddy currents in the tungsten collimators due the MRI gradient coils for
SPECT/MRI system.The numerical model was validated with measurements, and
it was proposed as an efficient tool for studying the effect of SPECT collimators
within the MRI gradient coils. We started by providing a detailed numerical model
of the x, y, and z gradient coils along with pentagonal and hexagonal configura-
tions of the collimators using a three-dimensional electromagnetic simulator with
a time analysis tool. Then, we measured the resistivity of the printed tungsten used
in the additive manufacturing of the collimators and reported dependency of the
resistivity values to the measurement directions. Eddy current measurements for a
single collimator were also performed and resulted in the conclusion that deviation
in the magnetic field caused by the single collimator insertion can be completely
removed by shimming after inserting the collimator in the bore. However, the final
SPECT/MRI system will be composed of five or six collimator elements and thus
eddy current characterization of the full ring of collimators is of huge importance.
We then investigated the induced magnetic field in a full ring of pentagonal and
hexagonal ring of collimators, and studied the effect of adding gaps between the
collimators in the pentagonal geometry to reduce eddy current density <2 % of
the applied gradient field. The residual eddy currents can be further reduced us-
ing new design strategies for SPECT collimators to reduce eddy currents and to
provide more optimized collimator designs for SPECT/MRI integration, which is
the main subject of Chapter 3. Chapter 2 was dedicated to the eddy currents due
to gradient coils and does not consider other sources of eddy currents namely, the
cryostat and RF coils. As a result, the final induced field can be higher when tak-
ing into consideration all the MR components. Numerical simulations can have an
uncertainty of up to 20% (worst-case scenarios) and thus the maximum induced
magnetic field can be greater than 2% of the applied gradient field in some cases
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(Table 2.2)
Chapter 3 was dedicated to the investigation and reduction of the the induced
magnetic field due to eddy currents in a full heptagonal ring of collimators by in-
troducing smart design modifications. First, we characterized the current density
(J) for different single collimators design and compared it to the original colli-
mator current density. The induced magnetic field was then calculated for each
ring of the adapted collimators and reduction in maximum induced magnetic field
due to eddy current was reported and discussed. The small modifications to the
collimator’s design and surface resulted in a reduction of the maximum induced
magnetic field by 53.8 % and 48.2 % for longitudinal and transverse coils, respec-
tively, which results in an improved MR-compatibility with the heptagonal ring of
collimators. Extrapolating results of the induced eddy current from the preclinical
SPECT/MRI system to the clinical SPECT/MRI will result in much lower ampli-
tudes of the induced fields. This is justified by the fact that in clinical MR system,
the gradient strength is in the order of 40-50 mT/m compared to the 500 mT/m
used in preclinical SPECT/MRI (higher gradient strength results in higher induced
eddy currents).
In Chapter 4, we modeled the exposure of male, female and child patients to
pulsed gradient fields typically used in MRI systems. We started by presenting the
numerical model, including x-, y-, and z-gradient coils with detailed anatomical
human models consisting of male, female and child human phantoms. The used
numerical platform was then validated using a homogeneous sphere placed inside
Helmholtz coils and the induced electric field evaluation methodology were de-
scribed based on the ICNIRP 2004, and IEC 2010 guidelines. Results show that
the strongest levels of field exposure are observed for the adult male inside the
y-gradient coil. The first level controlled operating mode of the ICNIRP 2004 and
IEC 2010 guidelines was not exceeded when the patients are inside the gradient
coils, except for the adult male inside the y-gradient coil. The y-gradient tends to
induce more fields in the models than the other coils. Effect of the skin conduc-
tivity on the induced E-field shows that the maximum electric field decreased with
the skin conductivity value while only small effect is observed in the 99% value.
Values reported in this chapter were calculated using the worst-case scenario and
thus, the induced electric field can be lower than in most practical cases. However,
special attentions should be paid, especially for adult male inside y gradient coils.
The second part of this thesis was dedicated to the modelling and optimization of
the percutaneous auricular branches vagus nerve stimulations.
In Chapter 5, a realistic numerical model for pVNS application at the human
auricle including vessels and nerves was developed. The numerical model was
used to investigate the stimulation thresholds and percentage of the activated ax-
ons with respect to stimulation waveform, electrode depth, and electrode position.
The simulation model was then verified using experimental and analytical results
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from the SENN model literature. The electric field distribution and its spatial
gradient were calculated to explain the nerves’ behaviors with respect to different
stimulation patterns as well as the electrodes’ position and penetration depth. Sim-
ulation results show that the cathodic bi-phasic pulse was the pulse requiring the
least amplitude to activate the nerves. Chapter 5 provides a better understanding
of the electric potential and current distribution in tissues surrounding the stimu-
lation electrode. The feasibility and plausibility of the given model and tools was
demonstrated. Investigations of the electrodes’ position and depth effect stress the
necessary accuracy while placing electrodes. Considering the high specificity and
sensitivity of stimulation, due to the dense innervation of the auricle with vari-
ous nerves, a sensitivity analysis of the numerical model is an important tool to
better quantify the dependence of the numerical model developed in Chapter 5 to
different parameters.
Chapter 6 is dedicated to perform a sensitivity analysis of a numerical model
for pVNS. Dependency of the stimulation thresholds to the axon fiber diameter,
axon number, SENN temperature, electrodes’ penetration depth and position, and
the ear conductivity was investigated and discussed. Results show that the stimula-
tion thresholds increase with decreasing axon fiber diameter and increasing num-
ber of axons. Investigation of the waveform effect showed that bi-phasic stimu-
lation requires slightly lower amplitudes to stimulate the nerves than the mono-
phasic stimulation with cathodic pulses performing better than the anodic pulses.
SENN model temperature and the ear conductivity effect are negligible compared
to the effect of the axon fiber diameter and the electrodes’ penetration depth. The
electrodes’ penetration depth is the most influential parameter with maximum sen-
sitivity of 38 mV for each 0.1 mm and bundled axons. Sensitivity analysis results
confirm Chapter 5 conclusions about the high importance of the electrodes’ po-
sition to prevent opposite physiological reactions and an even adverse therapeutic
outcome by unfavorable stimulation of pain-related Aδ fibers or under-stimulation.
7.2 Future research opportunities
In Chapters 2 and 3, we note here that we have focused only on the eddy
current induced in the tungsten collimators. The proposed work does not consider
the effect of coupling of the gradient and/or RF coils, nor the eddy currents on the
cryostat magnet, which leads to some remnant error. An extension of this works
would be to include an RF coil with the gradient coils and investigate the induced
magnetic fields in both RF coils and collimators.
In Chapter 4, the human bodies were centered with respect to the coils. The
position of the human body inside the coils influences the magnitude of the induced
electric field. The changes, however, are typically below 20% for most measures
and less than 5% for the average value of the electric field for a given tissue in a
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given coil. Future works could consist of a sensitivity study concerning the effect
of the human body’s position inside the coils on the induced electric field using
great population spans with different position of the human body models inside
the gradient coils.
As a continuation of the study in Chapters 5 and 6, future works will consist of
further evaluating the numerical model by comparing numerical results with ex-
perimental data using clinical studies. Additional stimulation patterns (pulses with
equal energy, tri-phasic pulses, Figure 7.1) and bursted stimulation will also be in-
vestigated to perform both experimental validation and mutual optimization of the
model and the experimental setup. The clinical data were already collected using
8 healthy adult volunteers (without any pain) of age 28 to 60 years (5 female), 3
young volunteers of age less than 40 years.
Figure 7.1: 1, 15, and 125 impulses per second using tri-phasic signal.


